Experimental and numerical techniques for characterising

catheter-induced blood vessel damage: towards tools for

improvement of intravascular catheter design by Noble, Christopher
Experimental and numerical techniques for characterising
catheter-induced blood vessel damage: towards tools for
improvement of intravascular catheter design
By:
Christopher Noble
A thesis submitted in partial fulfilment of the requirements for the degree of
Doctor of Philosophy
The University of Sheffield
Faculty of Engineering
Department of Mechanical Engineering
Submission Date
November 2016
Experimental and numerical techniques for
characterising catheter-induced blood vessel
damage: towards tools for improvement of
intravascular catheter design
Christopher Noble
Abstract
Cardiovascular diseases are a significant health risk worldwide, being the largest
contributor to deaths in most developed and developing countries. For physical
testing of new medical devices, diseased tissue specimens are desirable. However,
these are difficult to obtain in quantity. The first phase of the work therefore fo-
cused on emulating effects of disease on artery mechanical response, using enzyme
and chemical treatment of healthy tissue. Porcine aorta was partially digested by
elastase and collagenase treatments to remove constituent proteins, and exposed to
low concentration glutaraldehdye to partially cross-link proteins. Uniaxial tension
testing and controlled peel testing were then performed in the artery axial and
circumferential directions to assess the changes in mechanical and failure behaviour.
The treatments successfully altered the wall tensile and peeling response with effects
varying by the loading type and direction. Multiphoton microscopy was also per-
formed to allow visualisation of the changes to fibre structure and density. Finally,
tensile test results were fitted to the Gasser-Ogden-Holzapfel constitutive model
and a continuum damage model, and the fitted curves were best matched with the
circumferential direction results. The latter phase of the work focused on development
of methods for characterising and simulating catheter-induced dissection processes.
An experimental procedure was developed, wherein a catheter was forced between
layers of arterial media, propagating a dissection, while reaction force was measured.
The various approaches utilised to model this process within FEA are presented and
the subsequent difficulties explored. The inherent complexity of the process being
modelled resulted in difficulty drawing out the underlying problems. To rectify this,
the experiment was simplified such that a metal wedge with a rounded front was
used to dissect the tissue. This was successfully modelled and insights from this were
considered with regard to numerical difficulties in the catheter dissection model.
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Chapter 1
Introduction
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1.1. CARDIOVASCULAR DISEASE
1.1 Cardiovascular disease
Cardiovascular disease (CVD) is a general term for conditions affecting the heart
or blood vessels. It’s usually associated with a build-up of fatty deposits inside
the arteries – known as atherosclerosis – and an increased risk of blood clots. It
can also be associated with damage to arteries in organs such as the heart, brain,
eyes and kidneys. CVD has the highest mortality risk in the world; atherosclerosis
alone accounts for approximately 28% of all deaths [5]. This places a large toll
on healthcare resources and productivity. In 2006, the healthcare cost for CVD in
the EU was estimated at just under e110 billion (approximately 10% of the total
healthcare expenditure) and that from production losses in the economy at e41
billion. Including additional costs, the total cost to the EU economy was estimated at
e192 billion a year [6]. Additionally, it is predicted that CVD occurrence will continue
to increase. Heidenreich et al. predicted that by 2030 40.5% of the population of the
USA will have some form of CVD [7]. They also predicted that health care costs will
increase from $273 billion in 2010 to $818 billion in 2030, while the costs due to lost
productivity were estimated to increase from $172 billion to $276 billion. Therefore
the total cost to the USA from CVD in 2030 is estimated at over $1 trillion.
CVD often results in changes to the arterial wall structure including stiffening,
ballooning, and thickening. The type of alteration varies by disease, however, often
the changes in structure greatly impact the ability of the artery to function. It is
then that disease often causes discomfort and is diagnosed and treated. In recent
years there has been a trend toward to minimally invasive procedures rather than
open surgery. Such procedures involve small incisions to the patient compared to
large openings required for access in open surgery. For instance, treating a blocked
coronary artery with open surgery involves opening the patient’s chest, stopping
their heart and using a heart-lung machine to temporarily replace the function of
those organs while the blockage is bypassed. By contrast, the minimally invasive
alternative involves making a small incision in the leg to gain access to the major
artery. A catheter is then fed to the blocked coronary artery and the treatment
deployed to widen the artery without needing to stop the patient’s heart. The
damage to the patient and procedure complexity are considerably reduced in the
minimally invasive procedure and thus the cost of both the procedure and patient
recovery are much lower. In CVD many minimally invasive procedures are performed
via an intra-vascular catheter.
Improvement of treatment methods and medical device technologies may aid in
alleviating the burden on health care systems. However, the design of new medical
devices requires greater understanding of arterial wall mechanical properties, to
reduce complications, disease recurrence and medical device failure.
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1.1.1 Human artery structure
Human arteries are highly complex, exhibiting anisotropy and inhomogeneity, and
containing active and passive components [8]. Moreover, the prominence of these
features varies with anatomical location. Figure 1.1 shows a map of the major
arteries, generally arteries nearest the heart are thicker and more elastic, to smooth
the large pressure waves from the heart. Medium arteries are thinner but have
more active smooth muscle cell components. The relaxation and contraction of
which widens or narrows the artery inner radius respectively. Smaller arteries and
arterioles are thinnest and have thinner walls reflecting the far lower blood pressure
[9]. Nevertheless most arteries share a common structure and components (figure
1.2).
Figure 1.1: An arterial map detailing all major arteries in the human body [1].
Arteries like many soft tissues gain their mechanical strength from collagen and
elastin fibres. It is generally accepted that in the two stage mechanical response
seen in many soft tissues the initial compliance at low strain is a result of the
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elastin stretching [10]. The collagen fibres are initially crimped and unfurl as the
tissue is stretched until the collagen fibres are straightened. The tissue stiffening
at high strains is then a result of the stiffer collagen fibres bearing the load. The
most internal layer is the intima, which is composed of a single layer of endothelial
cells and the internal elastic lamina. The endothelial cells are thin flat cells that
interact directly with the blood and act as a barrier between the blood and the
rest of the arterial wall, and maintain biological and chemical stability, such as
controlling blood clotting. Further outwards within the intima, the internal elastic
lamina serves as an attachment layer for the endothelial cells, providing mechanical
strength and acting as an intermediary between the intimal and medial layers. The
internal elastic lamina is composed of smooth muscle cells as well as collagen and
elastin bundles. The media is the middle layer and provides the majority of the
resistance of the arterial wall to the blood pressure. It is composed primarily of
smooth muscle cells and elastin fibres arranged in lamina sheets around the artery
wall. Additional mechanical strength is provided by collagen fibres, highly aligned
with the circumferential direction. Elastin provides mechanical strength at low vessel
strain to allow smoothing of systolic blood pressure peaks while collagen fibres are
recruited at high strain to prevent over-inflation. The final outermost layer is the
adventitia, which is primarily composed of collagen fibres that are less aligned than
in the media. This fibre organisation provides resistance to over-inflation, as well as
increasing the wall toughness. The adventitia attaches to surrounding connective
tissue and contains small vessels and capillaries to supply blood to the smooth muscle
cells of the media [11]. Similar to internal elastic lamina, the media and adventitia
are joined by an external elastic lamina.
Figure 1.2: The microscopic anatomy of the arterial wall [2].
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1.1.2 Arterial wall diseases
CVD encompasses a large range of diseases with varying pathological features and
outcomes for the individual. The most prominent form of CVD is coronary heart
disease often caused by a narrowing of the coronary arteries by fatty deposits in the
artery wall, a condition known as atherosclerosis. Coronary heart disease can lead to
angina, heart attacks and heart failure resulting from a lack of oxygenated blood to
the heart. Strokes, an additional form of CVD, are a result of a lack of oxygenated
blood to the brain. This is commonly caused in two ways: a blockage in the artery
such as a blood clot either formed locally or from an upstream location; or the blood
vessel rupturing, which is most commonly a result of an aneurysm (or ballooning of
the vessel wall) bursting. Additionally CVD can occur in the aorta, the largest vessel
in figure 1.1, with aneurysm being the most common form. Peripheral arteries in
the arms and legs also suffer from CVD but are less fatal than in the major arteries.
Blockages from atherosclerosis or from blood clots can lead to numbness in arms or
legs and persistent ulcers. Blood clots may also break off and block arteries feeding
major organs. Here two prevalent and highly investigated varieties of CVD with
differing pathology and remodelling are explored, and in later sections, descriptions
of the respective catheter-based procedures than can be utilised to treat them.
Atherosclerosis
Atherosclerosis is the narrowing of the artery inner radius as a result of fatty deposits
accumulating between the intima and media of the wall. The deposits form as
low density lipoproteins (LDLs), fat particles bound with small proteins, and pass
through the endothelial layer and into the intima. Here they are ingested by white
blood cells which continue to consume LDLs until they eventually burst [12]. The
remnants are engulfed by further white blood cells, creating a snowball effect. The
narrowed artery impedes blood flow to downstream tissue, which can eventually
lead to insufficient oxygen supply and heart failure. Alternatively, the blockage can
rupture; in less severe cases this exposes clot-inducing proteins leading to blood
clots that further occludes the vessel or break off and occlude downstream vessels.
However, the rupture can also be massive, resulting in large quantities of plaque and
clot-inducing proteins being released, rapidly clotting the vessel and almost certainly
leading to heart failure [13].
Intercranial aneurysm
Aneurysms most commonly form on the abdominal aorta and in the vessels feeding the
brain (intercranial aneurysms). While the conditions share high level similarities, the
means by which they initiate, develop, and are subsequently treated differ. According
to a recent estimate, 3.2% of the population harbour intracranial aneurysms [14].
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These are most common on artery branches because of the weaker wall and unusual
flow patterns. Initiation and causes are still unknown but properties of blood flow
such as wall shear stress and wall pressure are strongly linked, alongside genetic and
biochemical factors [15, 16]. If the aneurysm ruptures, the downstream tissue will be
starved of oxygenated blood, possibly leading to tissue death. Further blood will fill
the space within the skull, leading to elevated pressure on the brain tissue. This in
turn may cause damage to, and possible spasming of nearby vessels, further reducing
the oxygen supply to surrounding tissue and likely the individual will suffer a stroke
and possible brain damage.
1.2 Endovascular surgery
As mentioned, minimally invasive procedures reduce the cost and complexity for
treating many diseases and are correspondingly preferred over open surgery. En-
dovascular surgery is one variety of minimally invasive procedure that is utilised to
treat most types of CVD and in particular atherosclerosis and intercranial aneurysm.
Here, an incision is made in the leg to gain access to the femoral artery from where
a catheter will be introduced. However, first a guide wire is inserted into the artery.
This is highly flexible and so can be guided to the treatment area through the
vasculature with ease. The catheter is then fed along the guide wire to the treatment
area where treatment is administered.
In atherosclerosis it is common for a balloon and stent to be deployed from
the catheter to widen the artery lumen. This procedure is known as percutaneous
coronary intervention (PCI). At the blockage, the balloon is inflated to push back
the plaque. The stent expands with the balloon and can not contract back to its
original position and so acts to hold back the plaque (figure 1.3).
For intercranial aneurysm one common treatment method is to detach coils into
the body of the aneurysm while passing an electric current through them. The
current initiates blood clotting within the aneurysm such that blood clots in the
aneurysm body. This blood clot occludes blood flow into the aneurysm, and is aimed
at lowering pressure on the aneurysm dome and thereby preventing expansion of the
aneurysm and rupture [17] (figure 1.4).
Catheter-based procedures are often preferred to surgical intervention because of
lower patient recovery time and decreased expense [18, 19]. Increasing prevalence
drives the need to reduce complications and correspondingly the cost of treatment.
A key means of achieving this is development of catheters that are less damaging to
vascular tissues.
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Figure 1.3: A deployed stent after angioplasty. The catheter and guide wire can be
clearly seen [2].
Figure 1.4: Depiction of an idealised coiled aneurysm. Coils are deployed to fill the
body of the aneurysm.
1.2.1 Complications
Endovascular surgery has many unique complications that if left untreated can have
severe consequences for the patient. Damage to the vessel wall by a catheter as it
moves from the entry site to the treatment area is of particular interest in this work.
Damage by the catheter
When the catheter is moving through the blood vessel the shaft will rub against the
vessel wall, which can activate or even damage the endothelial cell layer. Damage can
be minimal, such as disrupting the glycocalyx, a layer of glycolipids and glycoproteins
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which acts as an interface between the endothelial cell and the blood, or even shearing
and separation of the endothelial layer itself. Though, as the glycocalyx acts to
prevent thrombus formation and cell adhesion to the vessel wall, even minor disruption
may have undesirable consequences [20]. Furthermore, frictional forces can also lead
to vasoconstriction and spasming of the wall, increasing the likelihood of damage
[21].
If damage is large enough, blood vessel function may be severely impeded, an
example being perforation of the vessel by the catheter, potentially resulting in
internal bleeding. In major blood vessels, such as the aorta, this will most likely be
fatal. An additional example is dissection, or mechanical separation of the media of
the arterial wall. This is almost always initiated by trauma, either directly to the
vessel wall, e.g. a catheter induced dissection (CID) from piercing or tearing the
intimal layer of the vessel during an endovascular procedure [22], or indirectly via
external trauma, for instance from motor vehicle crashes [23]. Depending on the
direction of blood flow, the circulatory pressure will either press the tissue flap to the
wall or act to propagate the dissection (figure 1.5). The former often results in the
dissection remaining benign, whereas the latter can eventually progress to create a
large tissue flap that blocks downstream blood flow in the true lumen and encourages
flow into the newly formed false lumen between the flap and remaining artery wall.
The media of the arterial wall is most prone to dissection, as a result of its
organisation into lamella units, stacked on top of one another [24]. These lamellae
are primarily composed of fibres of rubber-like elastin and stiffer collagen, and
smooth muscle cells. These constituents, moreover, are oriented predominantly
within planes tangential to the vessel axis, and with a bias towards circumferential
directions over axial [25]. This organisation in turn imparts the highest mechanical
strength in circumferential directions, somewhat lower strength in axial directions,
and significantly lower strength in radial directions [26, 27]. The structure can be
seen in figure 1.6.
1.3 Investigating damage
The increasing usage of endovascular treatment methods and the high prevalence of
cardiovascular diseases necessitates tools for modifying and improving endovascular
device designs. For instance, to reduce the incidence of CID more knowledge is needed
about the mechanics underlying its initiation and propagation, and correspondingly
about the interactions between catheters and tissues during endovascular surgery.
Both experimental (e.g. mechanical testing of ex vivo specimens) and computational
(e.g. finite element analyses of propagation scenarios) approaches may be useful for
this purpose.
Computational approaches often rely upon the finite element (FE) method to
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model complex device-vessel wall interaction. The FE method is a numerical solution
method for partial differential equations, such as those that govern continuum solid
and fluid mechanics problems. It consists in discretising the continuum equations
to form a linear system whose solution is a close approximation of the continuous
solution. This is achieved in practice by decomposing the problem domain into a
mesh of geometrically simple elements, interconnected at nodal points, over which
field variable values are approximated by correspondingly simple functions, like
low-order polynomials. The resulting discrete equations are well-suited to computer
solution.
Figure 1.5: Schematic illustrating formation of benign or propagating dissections
depending on blood flow direction. a: initial dissection with tissue flap extending in
to vessel lumen. b: tissue flap pushed back onto vessel wall by blood flow, creating a
benign scenario. c: further tissue peeled from the vessel wall by blood flow, causing
the tissue flap eventually to obscure a large portion of the vessel lumen. d: tissue is
peeled further still, the blood flow pushes the tissue into a concave shape that traps
the blood and promotes further dissection. The space between the wall and the flap
is now a false lumen.
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Figure 1.6: Idealised representation of the organisation of the aortic media. The
intima and adventitia (not depicted) adjoin this layer on its inside and outside,
respectively.. Families of fibres are oriented predominately into helices around the
vessel wall, as shown on the left, with mean orientations closer to circumferential,
rather than axial directions. The lamellae are stacked upon one another with
interconnecting fibres providing some radial resistance.
1.4 Thesis aims and objectives
The main objective of this thesis is to develop new experimental and computational
techniques for characterising catheter-induced blood vessel damage, and which may
correspondingly be used as tools in the improvement of catheter design. Two
high-level objectives to that end have been formulated:
1. Provide a means of creating a diseased tissue model from healthy porcine aorta,
with the goal to reduce the cost of associated research and medical device
design.
2. To investigate dissection propagation by an endovascular catheter and the
underlying mechanisms involved.
1.4.1 Creating a diseased tissue model
Improvement of medical device designs (such as endovascular catheters) requires
significant in vitro experimentation and testing with vascular tissue. Ideally, diseased
tissue, properly reflecting the in vivo conditions experienced by these devices, should
be used. However, obtaining diseased human tissue in quantity is difficult (both
practically and ethically) and costly. By contrast, porcine arteries are considered
waste tissue by abattoirs and so are readily available. The first objective thus is
aimed at developing and verifying procedures for modifying the properties of porcine
tissue such that they resemble those of diseased tissue, meaning in turn that they
can be used as a cheap and abundant model of the latter in the context of medical
device physical testing.
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The variation of mechanical properties between healthy porcine tissue and diseased
human tissue is a result of differences in the structure, concentrations and properties
of the arterial wall constituents (identified in section 1.1.1). Regional variations in
the structural arrangement of these components produces similar variations in the
regional anisotropic behaviour. Disease and ageing, however, alter the respective
compositions, leading to often undesirable changes in function. Ageing has been
shown to cause a loss of medial elastin followed by an increase in the stiffer collagen
fibres, further stiffened by additional cross-linking, to compensate [28, 29, 30, 31].
This results in the elastin-collagen interaction altering and the stiffer collagen fibres
being recruited at smaller deformations, leading to an observed stiffening of the
arterial wall. Whilst in aneurysm formation, the characteristic ballooning is also
widely attributed to loss of elastin and a resulting loss of stiffness in the artery
[32, 33]. In atherosclerosis, changes in elastin and collagen structure again weaken
the medial and intimal layers [34, 35, 36]. Genetic diseases can also have large effects
on collagen and elastin fibres leading to greatly reduced stiffness and toughness in
blood vessel walls [37]. For instance, Marfan syndrome is caused by a mutation
to the fibrillin-1 glycoprotein which in turn affects elastin protein structure in the
thoracic aorta, resulting in a weakened arterial wall [38]. These changes are often
complex and multifaceted. Correspondingly, alterations such as the loss of elastin
may increase or decrease stiffness depending on a variety of co-factors.
In this work enzyme and chemical treatments were used to alter the mechanical
response of healthy porcine aorta with the aim to emulate diseased tissue mechanical
properties. Previous studies had employed similar methods and utilised various
mechanical testing procedures to evaluate the associated changes. Uniaxial tensile
testing has been performed following elastase and collagenase treatment to investigate
whether collagen is solely responsible for the softening behaviour of arterial walls
[39]. They found that removing collagen removed the softening behaviour of tissue
whilst removing elastin resulted in continuous softening behaviour. Additionally,
[40] evaluated the uniaxial mechanical response of the elastin or collagen fibres in
isolation from one another by applying the same enzyme treatments to aortic wall.
They observed that completely removing collagen resulted in a linear mechanical
response that like before had no softening behaviour. While removal of all elastin
resulted in a non-linear anisotropic response that again showed continuous softening.
Biaxial testing has also been utilised to evaluate the changes in mechanical
response, Chow et al. investigated the changes in mechanical behaviour of arterial
wall following progressive elastase treatment [41]. Distinct mechanical responses were
identified for each level of tissue degradation with tissue initially becoming more
compliant but then stiffening until full elastin loss where tissue is far stiffer than
the controls. Gundiah et al. also performed biaxial testing but following elastase
and collagenase treatment at two different levels of degradation [42]. Collagenase
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treated samples showed a decreased non-linearity compared to controls whereas
elastin treatment resulted in significantly stiffer tissue response.
Finally pressure-inflation testing had also been performed following enzyme
treatment. Kochova et al. applied collagenase and elastase treatments and found
that the former altered the stiffness of the arterial wall and while the latter altered
the wall geometry, it did not effect the mechanical response [43]. In another study
elastase treatment resulted in the tissue being more ductile at low strains and stiffer
at high strains [44].
Compared to these works the key novelty in chapter 2 was testing samples to
the point of failure following enzyme treatment. Only one previous study had tested
tissue to failure following enzyme digestion but only after collagenase treatment
[45]. Uniaxial tensile testing was applied like here, however, strain was measured
directly from the tensile test machine arms and stress calculated from the unloaded
cross-sectional area reducing the accuracy of the data. Furthermore, in that study
no constitutive modelling was employed to allow description and comparison of the
overall tissue elastic response unlike in chapter 2.
Additionally, in chapter 3 controlled peel testing was performed to investigate the
effect of the enzyme and chemical treatments on the arterial dissection behaviour.
While the dissection behaviour had been investigated by both peel testing and liquid
infusion tests [46, 47, 48, 49], no work has investigated the effect of removing and
cross-linking constituent proteins on the dissection response.
1.4.2 Catheter-induced dissection (CID)
Catheter induced dissections (CIDs) are a rare but commonly fatal complication
of intravascular catheterisation. Data on CID occurrence is sparse, however, major
complications such as coronary artery dissection that extends to the aortic root has
been reported to occur in 9 out of 43143 cardiac catheterisations (approximately
0.02%) [50]. However, this increased to 0.2% if patients were undergoing treatment
for myocardial infarction. Another study [51] found the same type of dissection in
15 of 12031 percutaneous coronary intervention (PCI) procedures (approximately
0.12%). Data for this type of dissection are most prevalent because of its high
mortality rate, however for coronary artery dissection alone, or CID of other arteries,
data are sparser. In addition, it is difficult to provide context for these figures in
terms of total complications, as CID are often included as part of other categories
such as vascular trauma [52]. However, in [53] the overall complication rate for PCI
was estimated at 2.7% for the period 2003-2006, from which it may be loosely inferred
that coronary CID extending to the aortic root occurs in 5% of PCI procedures.
Furthermore, the mortality rate is relatively high: 67% of deaths from coronary
catheterisation procedures reported in [54] were from CID of the coronary arteries,
while [55] reported that 25% of aortic CIDs that require surgical intervention lead to
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death of the patient.
Unfortunately it is difficult to ascertain how CIDs are initiated or propagated. This
is because, commonly, catheterisation procedures are observed via three dimensional
rotational angiography, and the dissection can only be detected by its effect on
the blood flow. Thus, visualising the blood vessel wall and the damage to it is
very difficult. Furthermore, the spatial resolution of such imaging modalities is
relatively low, meaning it is difficult to identify the dissection until its effect on the
blood flow is pronounced. As a result there is little information in the literature on
mechanisms by which CIDs in arteries are initiated or propagated. Therefore, means
by which a CID is propagated can only be speculated. In chapter 4 a scenario was
postulated in which the dissection has been initiated (the means by which were left
for future investigations) and the catheter is positioned at the dissection front. The
endovascular surgeon operating the catheter feels resistance to their attempts to
guide the catheter to its destination as the catheter pushes against the dissection
front. Assuming it is a bend in the vessel, they apply force to the catheter to propel
it around this assumed bend. This inadvertently pushes the catheter into the created
dissection front, driving the catheter between the layers of the media, and opening
the dissection further. A corresponding experimental configuration was then devised
to explore this scenario.
Arterial dissection has been well investigated both by ex vivo testing in a labor-
atory, and simulations with the FE method. The first ex vivo arterial wall dissection
was performed via liquid infusion into the artery media [47, 49, 56]. This was aimed at
replicating blood flow-driven propagation of the dissection. Later, controlled peeling
of the media was employed to gain further understanding of the force displacement
behaviour, and in particular the latter’s anisotropy [46, 48]. This methodology was
then utilised on diseased arteries and aneurysms to assess disease-associated changes
[57, 58].
CZ approaches have been used in various forms to model dissection of arterial
layers during peel testing [59, 60], similar to those presented in chapter 3. However,
dissection driven by an external body, i.e. a catheter, is fundamentally different from
a peeling configuration. In the case of peeling, tissue at the crack front experiences
almost pure tension perpendicular to the direction of crack propagation, and newly
exposed fracture surfaces are free. Conversely, when dissection is driven by an
external body, tissue at the crack front experiences a complex combination of tension,
as it is forced around the penetrating object, and compression, from the direct
loading of the object. Moreover, the newly formed surfaces, rather than being free,
are subject to a complex interaction with the external object.
Comparable configurations exist during, for example, needle insertion and cutting.
Among other approaches, CZ models have been used by various authors to simulate
the tissue rupture processes in such scenarios, also. Needle insertion of muscle tissue
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has been investigated with parameters extracted from separate experimental data [61],
however no direct experimental validation was presented in turn. This was partially
addressed by Forsell and Gasser when modelling cardiac tissue penetration and failure
as a result of perforation by a pacemaker wire [62]. However, it was not clear how the
governing critical energy release rate Gc was calculated from the experimental data,
making it difficult to assess the fidelity of their FE model with respect to the latter.
Finally, Oldfield et al. utilised an experimental-computational approach to estimate
Gc during needle insertion into a gelatine soft tissue phantom [63]. This approach
yielded good agreement between experimental and computational force-displacement
profiles at four different insertion rates and was more comprehensive than the previous
studies mentioned. However, gelatine is a homogeneous isotropic material that does
not exhibit the stochastic breaking of fibres/fibrils seen in perforation and damage
of most soft tissues [64], and so it is still unclear how well the CZ formalism carries
over to real soft tissues in this context. A final, and important aspect that was
superficially assessed, at best, in the foregoing studies is the fidelity with which the
complex catheter-tissue interactions, especially near the crack tip, can be captured
with CZ finite element formulations. As mentioned, this phenomenon is one of the
key features that differentiate dissection by means of a penetrating external body,
from simpler peeling configurations.
Though no previous authors appear to have studied penetration of arterial tissue
using cohesive rupture modelling approaches, much less CID specifically, the foregoing
studies suggest this is a promising approach. Such models are therefore investigated
for this purpose in chapters 4 and 5, with an emphasis on clarifying the points of
ambiguity that were identified. Specifically, CZ formalism is employed to model
the dissection process as a catheter, and later a metal wedge, is forced between
adjacent arterial tissue layers. An experimental configuration is first described, and
corresponding results are presented and discussed. CZ theory is then described and
applied within a FE model of the experimental configuration. Finally, numerical
issues related both to the above interaction phenomena and to the constitutive
description of the tissue are reported and discussed.
1.5 Thesis Overview and Structure
The thesis structure can be seen in figure 1.7, the described objectives are pursued
in chapters 2-5. Conclusions and consideration of future directions are subsequently
presented.
The development of a diseased tissue model for use in testing of medical devices is
presented in chapter 2. Porcine aorta was treated with collagenase, elastase or glut-
araldehyde to alter its mechanical response. It was then subjected to uniaxial tension
until failure, while the force and displacement were recorded. The force-displacement
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response for the arterial samples from each treatment type was compared to that of
the controls. Finally, a damage constitutive model was fit to the experimental data
to give further basis for comparison.
This work is then extended in chapter 3 by performing controlled peel tests on
similarly treated porcine aorta. This afforded insight into the effects of the treatments
on dissection failure modes, which are the modes of interest in subsequent modelling
chapters. As in chapter 2 the force-displacement response of the treated samples was
compared to that of the control samples. The fracture energy was also calculated
for the mean tissue response for each treatment type as a measure of resistance to
dissection, and to provide a further means of comparison.
Chapter 4 describes a novel approach to modelling the propagation of a CID.
A CZ-based FE model of a dissection scenario was developed, in which a catheter is
driven between layers of an aortic wall. Experimental measurements of the reaction
forces experienced by a catheter in these conditions were also acquired, for comparison.
While the model performance was promising, numerical difficulties and uncertainty
regarding the conditions at the catheter-tissue interface suggested the results were
unreliable. To resolve these issues, a physically simpler dissection scenario was
subsequently developed in chapter 5.
In Chapter 5, following the uncertainties in chapter 4, the effectiveness of CZ
models when an external body is driving the dissection (such as CID) was evaluated.
The FE model and experimental procedure were simplified to allow the underlying
mechanisms to be more easily extracted. The critical energy release rate, calculated
directly from the experimental data, was placed in the FE CZ model and the force-
displacement response was compared between the FE model and the experiment.
Finally, the sensitivity of FE model force-displacement on the cohesive zone model
parameters was evaluated and limitations of the CZ model are presented.
As noted, the main contributions described in this thesis have been published
in peer-reviewed journal articles. Specifically, chapter 2 draws heavily on the work
presented in [65]; chapter 3 is based on the developments in [66]; and chapter 5
relates closely to the results in [67].
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Figure 1.7: Flowchart depicting the thesis structure.
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Chapter 2
Creating a model of diseased
artery damage and failure from
healthy porcine aorta
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2.1. INTRODUCTION
2.1 Introduction
Improvement of medical device designs (such as endovascular catheters) requires
significant in vitro experimentation and testing with vascular tissue. Ideally, diseased
tissue, properly reflecting the in vivo conditions experienced by these devices, should
be used. However, obtaining diseased human tissue in quantity is difficult (both
practically and ethically) and costly. By contrast, porcine arteries are considered
waste tissue by abattoirs and so are readily available. The first objective thus is
aimed at developing and verifying procedures for modifying the properties of porcine
tissue such that they resemble those of diseased tissue, meaning in turn that they
can be used as a cheap and abundant model of the latter in the context of medical
device physical testing.
The variation of mechanical properties between healthy porcine tissue and diseased
human tissue is a result of differences in the structure, concentrations and properties
of the arterial wall constituents (identified in section 1.1.1). Regional variations in
the structural arrangement of these components produces similar variations in the
regional anisotropic behaviour. Disease and ageing, however, alter the respective
compositions, leading to often undesirable changes in function. Ageing has been
shown to cause a loss of medial elastin followed by an increase in the stiffer collagen
fibres, further stiffened by additional cross-linking, to compensate [28, 29, 30, 31].
This results in the elastin-collagen interaction altering and the stiffer collagen fibres
being recruited at smaller deformations, leading to an observed stiffening of the
arterial wall. Whilst in aneurysm formation, the characteristic ballooning is also
widely attributed to loss of elastin and a resulting loss of stiffness in the artery
[32, 33]. In atherosclerosis, changes in elastin and collagen structure again weaken
the medial and intimal layers [34, 35, 36]. Genetic diseases can also have large effects
on collagen and elastin fibres leading to greatly reduced stiffness and toughness in
blood vessel walls [37]. For instance, Marfan syndrome is caused by a mutation
to the fibrillin-1 glycoprotein which in turn affects elastin protein structure in the
thoracic aorta, resulting in a weakened arterial wall [38]. These changes are often
complex and multifaceted. Correspondingly, alterations such as the loss of elastin
may increase or decrease stiffness depending on a variety of co-factors.
In this work enzyme and chemical treatments were used to alter the mechanical
response of healthy porcine aorta with the aim to emulate diseased tissue mechanical
properties. Previous studies had employed similar methods and utilised various
mechanical testing procedures to evaluate the associated changes. Uniaxial tensile
testing has been performed following elastase and collagenase treatment to investigate
whether collagen is solely responsible for the softening behaviour of arterial walls
[39]. They found that removing collagen removed the softening behaviour of tissue
whilst removing elastin resulted in continuous softening behaviour. Additionally,
[40] evaluated the uniaxial mechanical response of the elastin or collagen fibres in
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isolation from one another by applying the same enzyme treatments to aortic wall.
They observed that completely removing collagen resulted in a linear mechanical
response that like before had no softening behaviour. While removal of all elastin
resulted in a non-linear anisotropic response that again showed continuous softening.
Biaxial testing has also been utilised to evaluate the changes in mechanical
response, Chow et al. investigated the changes in mechanical behaviour of arterial
wall following progressive elastase treatment [41]. Distinct mechanical responses were
identified for each level of tissue degradation with tissue initially becoming more
compliant but then stiffening until full elastin loss where tissue is far stiffer than
the controls. Gundiah et al. also performed biaxial testing but following elastase
and collagenase treatment at two different levels of degradation [42]. Collagenase
treated samples showed a decreased non-linearity compared to controls whereas
elastin treatment resulted in significantly stiffer tissue response.
Finally pressure-inflation testing had also been performed following enzyme
treatment. Kochova et al. applied collagenase and elastase treatments and found
that the former altered the stiffness of the arterial wall and while the latter altered
the wall geometry it did not effect the mechanical response [43]. In another study
elastase treatment resulted in the tissue being more ductile at low strains and stiffer
at high strains [44].
Compared to these works the key novelty here was testing samples to the point
of failure following enzyme treatment. Only one previous study had tested tissue to
failure following enzyme digestion but only after collagenase treatment [45]. Uniaxial
tensile testing was applied like here, however, strain was measured directly from the
tensile test machine arms and stress calculated from the unloaded cross-sectional
area reducing the accuracy of the data. Furthermore, in that study no constitutive
modelling was employed to allow description and comparison of the overall tissue
elastic response unlike in this study.
As in the work mentioned previously, enzymatic digestion was applied to por-
cine aortic media samples, to degrade the constituent proteins. Low concentration
glutaraldehyde treatment was also utilised, as an alternative method to mimic cross-
linking and stiffening seen in processes like glycation [68, 69]. Treated tissue was then
stretched in uniaxial tension to failure in both the vessel axial and circumferential
directions. Constitutive models were then employed to allow description and compar-
ison of the overall tissue response under loading. This allowed the gradual changes
in the mechanical response to be related to the structural alterations associated with
the different treatment types. The well-known Gasser-Ogden-Holzapfel (GOH) model
was utilised for the elastic component of the tissue response (prior to damage). This
model compromises an isotropic neo-Hookean term, accounting for the elastin fibres
and ground substance, and an exponential term for each of the two collagen fibre
families [70]. The damage and failure behaviour were captured using the continuum
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damage model (CDM) described in [71], which has previously been shown to capture
well the failure behaviour of arterial tissue when combined with the GOH model [72].
2.2 Methods
2.2.1 Mechanical Testing
Sample Preparation
Porcine aorta was chosen as the experimental model due to (i) its availability, allowing
many tests to be performed, and (ii) its thickness, allowing the media and intima, the
layers most affected by disease processes, to be easily tested in isolation. The region
proximal to the heart of the upper thoracic aorta was chosen to ensure sufficient
thickness. However, arterial wall properties vary along the artery and even when
this is minimised by selecting a short region to cut samples from, variation will occur
and may generate some spread in results in later sections. No ethical considerations
were required. Many other animals can also supply aorta as readily as pigs [73, 74],
however porcine tissue has one of the closest associations with human tissue and has
been successfully transplanted to humans [75]. Alternatively synthetic tissue1 could
be utilised as a model for healthy artery, however, currently no synthetic diseased
artery has been produced.
Control tissue was tested within 24 hours of the slaughter of the animal and
treated tissue within 48 hours, the latter owing to the additional incubation time
associated with the treatments. All tissue was stored in a refrigerator when not
undergoing treatment.
The aorta from was initially cut into 40×15 mm pieces aligned in axial and
circumferential directions. As mentioned the adventitia is least affected by disease
processes and thus was removed by making an incision midway through the arterial
through-thickness and carefully peeled manually to separate the unwanted tissue.
As removal of the adventitia could not be verified, more tissue was discarded than
necessary to ensure complete removal of the adventitia. The remaining tissue was
carefully cut into a dog bone shape with approximately 5 mm gauge width and 10
mm length and stored in solution.
Treatments were applied to remove or alter constituent proteins because as
mentioned in section 2.1 many disease processes are associated with loss or alteration
of these proteins. Collagenase and elastase will digest and partially remove collagen
and elastin respectively while gltaraldehyde will cross-link the proteins. All non-
control samples were treated with their respective solutions as described in table
2.1. All treatments were diluted in saline solution with antibiotics (Penicillin and
Streptomycin) and fungicide to prevent growth of micro-organisms. To ensure the
1such as that produced by SynDaver http://syndaver.com/shop/syntissue/arterial-tissue
20
2.2. METHODS
accompanying incubation process had no effect on sample mechanical properties,
an additional group of controls were incubated for 20 hours and tested. Following
treatment, all samples were washed thoroughly with saline solution to remove trace
elements of chemical and enzymes.
Table 2.1: Enzyme, glutaraldehyde and control treatment concentrations and dura-
tions.
Treatment Solution Temp. Duration N(axial) N(circ)
Control (Fresh) - - Fresh 16 16
20 hour Control (20hC) - 37◦C 20 hours 10 14
Collagenase (Roche) 0.05 U/ml 37◦C 20 hours 10 11
Elastase (Sigma Aldrich) 0.2 U/ml 37◦C 20 hours 13 11
Glutaraldehyde 0.1% 4◦C 20 hours 14 14
Test Protocol
Specimens were prepared for tensile testing by carefully adhering two pairs of small
black markers to the gauge region, using tweezers and super-glue. These allowed
measurement, via optical means, of the stretches in the first and second principal
directions [76]. Representative sample geometry and marker placement is shown in
figure 2.1. Test specimens were placed back in saline solution for around 5 seconds
to moisten them after placing the markers, and placed in grips mounted to a Tinius
Olsen 5 kN tensile machine. The grips had serrated edges which prevented slippage;
thus, the addition of sand paper was not necessary for this study. Approximately
50% of samples were discarded with the most common reasons being poor or patchy
digestion of samples and samples not breaking in the gauge region. In this work
more physiologically relevant test conditions such as a saline bath at 37◦C were not
available thus samples were tested in open air. Samples were prevented from drying
out by moistening before the test and reducing the test duration to a minimum.
Additionally any samples that were drying out were manually rehydrated by pipetting
saline solution onto the sample between preconditioning and the final recorded test
to failure. However, it is likely that sample drying occurred and may have altered
tensile properties. A humidifier may prevent drying from occurring during open air
testing however such a device was not available at the time of testing. Additionally, it
has been shown that distortion by refraction could reduce the accuracy of the marker
position recording and thus care must be taken when using this or a saline bath [77].
Preconditioning was performed by applying 10 displacement loading cycles of 15
mm at 0.1 Hz with a final, 11th, loading cycle constituting the recorded experiment.
The test was filmed using a Fujifilm Finepix Z90 digital camera. Accuracy and
effects such as image distortion by the lens were investigated prior to use, and
found to be insignificant. TrackMate plug-in within Fiji software2 was utilised with
2http://fiji.sc/TrackMate
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the recording to register and track the paired markers to ascertain stretch in each
principal direction. The recording equipment was also utilised with Fiji to measure
the tissue initial width and thickness, by photographing the unloaded tissue with a
ruler adjacent for scale. The whole test configuration can be seen in figure 2.1.
Figure 2.1: Top. Schematic of test apparatus from the side and the front (camera
view). Bottom. Sample geometry with marker positions indicated (white squares).
Marker labels indicate the principal stretch direction characterised with that label.
2.2.2 Constitutive Modelling
Motivated by the nonlinearity and anisotropy of arterial walls [78, 79], we have
utilised the GOH model to describe the elastic behaviour [70]. This has been used
frequently to capture the response of arterial walls in uniaxial tension [80, 39, 40].
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Weakening of the material, as it is deformed beyond its elastic range, and ultimate
failure is incorporated into the model by means of a continuum damage model (CDM)
[71]. The CDM components scales the stress according to the level of damage the
tissue has undergone. It becomes active only after damage initiation conditions have
been met.
Kinematics
A deformable body in a stress free state is said to be in its reference configuration Ω0
and when loaded deforms to its current configuration Ω. The motion χ transforms a
given point X ∈ Ω0 to a position x =χ(X)∈Ω. From this the deformation gradient
F = ∂χ(X)/X with J = det(F) > 0, the local volume ratio or Jacobian.
Elastic Response
The strain energy function Ψ of the GOH model comprises an isotropic Neo-Hookean
term Ψm, accounting for elastin fibres and ground matrix, and anisotropic exponential
terms Ψf , for each of two families of collagen fibres:
Ψ(C,Hi) = Ψ
m(C) +
∑
i=1,2
Ψfi (C,Hi(ai, κ)), (2.1)
with
Ψm(C) =
µ
2
(λ21 + λ
2
2 + λ
2
3 − 3) (2.2)
and
Ψfi (C,Hi) =
k1
2k2
[exp(k2E
2
i )− 1], i = 1, 2 (2.3)
where
Ei = Hi : C− 1, Hi = κI + (1− 3κ)(ai ⊗ ai). (2.4)
The principal stretches are given as λ1, λ2 and λ3, with directions of the first two
indicated in figure 2.1, and the mean collagen fibre direction θ, figure 2.2, in the
reference configuration is characterised by unit vectors ai. Here a1 = [sin(θ) cos(θ) 0]
and a2 = [− sin(θ) cos(θ) 0] when λ1 is in the axial direction and a1 = [cos(θ) sin(θ)
0] and a2 = [− cos(θ) sin(θ) 0] when λ1 is in the circumferential direction.
The degree of fibre dispersion is captured by a statistical parameter κ ∈ [0, 1
3
],
where κ = 0 denotes complete alignment of fibres, while κ = 1
3
implies full dispersion,
resulting in isotropy. Additional parameters are µ, the shear modulus, k1, a stress-like
parameter and k2, a dimensionless parameter. The second order tensors C and I
are the right Cauchy-Green deformation tensor and the identity, tensor respectively.
Additionally, the second order tensor Hi(ai, κ) is a general structural tensor for fibre
family i. Finally the scalar parameter Ei characterises the strain in the direction of
the mean fibre orientation for the ith fibre family.
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A fundamental hypothesis of the model is that the collagen fibres do not provide
resistance to compressive stresses and simply buckle under compressive loading. This
is represented within the model by allowing the (1− 3κ)(ai ⊗ ai) component of Hi
to be active only when C : (ai ⊗ ai) > 1.
The principal Cauchy stresses may be computed from the strain energy function
according to [81]:
σa = −p+ λa
∂Ψ
∂λa
, a = 1, 2, 3 (2.5)
where p is a Lagrange multiplier with the physical interpretation of the hydrostatic
pressure. To evaluate σ1, p must be eliminated from (2.5) using known constraints.
First, λ−11 λ
−1
2 = λ3 assuming incompressibility. Then, further assuming the collagen
fibres have no component in the radial direction so ai3 = 0. First and fourth invariants
of C and ai⊗ai may then be defined as I1 = λ21 +λ22 +λ−21 λ−22 and Ii4 = a2i1λ21 +a2i2λ22.
Using these definitions, equation (2.4) may be rewritten as Ei = κI1+(1−3κ)Ii4−1,
which yields an expression in terms of the principal stretches:
Ei = κ(λ
2
1 + λ
2
2 + λ
−2
1 λ
−2
2 ) + (1− 3κ)(a2i1λ21 + a2i2λ22), i = 1, 2 (2.6)
allowing the derivative of (2.5) to be evaluated for Ψfi and Ψ
m. In uniaxial extension
in the 1-direction, this will have σ2 = 0, allowing p to be obtained from (2.5) as:
p = σ2 = λ2
∂Ψ(λ1, λ2, a1, a2)
∂λ2
. (2.7)
The required first principal stress then becomes:
σ1 = λ1
∂Ψ(λ1, λ2, a1, a2)
∂λ1
− λ2
∂Ψ(λ1, λ2, a1, a2)
∂λ2
, (2.8)
wherein the required derivatives are easily evaluated.
Figure 2.2: Representation of the mean collagen fibre angle θ in the GOH model.
The model assumes that two collagen fibre families, with mean orientations indicated
by the two arrowed lines, symmetrically encircle the blood vessel wall in a helicoidal
manner. In this work, θ is defined with respect to the circumferential direction.
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Damage Model
The CDM is incorporated by augmenting (2.1) as:
Ψ(C,Hi, D
m, Df ) = (1−Dm)Ψm(C) + (1−Df )
∑
i=1,2
Ψfi (C,Hi(ai, κ)), (2.9)
Here (1−Dm) and (1−Df ) are known as the reduction factors, with Dm ∈ [0, 1] and
Df ∈ [0, 1] being normalised scalars for the matrix and fibre families, respectively,
referred to hereafter as damage multipliers [82]. Using (2.9) with standard constitutive
continuum mechanical arguments, (2.8) becomes for the damage case:
σ1=(1−Dm)σm1 + (1−Df )
∑
i=1,2
σfi1 (2.10)
Evolution of the damage multipliers Dm and Df are characterised by their respective
damage criterion Ξmt and Ξ
f
t :
Ξmt = max
s∈(−∞,t)
√
2Ψm(C(s)) (2.11)
Ξft = max
s∈(−∞,t)
√
2
∑
i=1,2
Ψfi (C(s)) (2.12)
where C(s) is the right Cauchy-Green tensor at time s.
The damage evolution is characterised by (2.13) with ξ = (Ξkt − Ξkmin)/(Ξkmax −
Ξkmin), for k = m, f [83]:
Dk(Ξkt ) =

0
ξ2[1− βk(ξ2 − 1)]
1
if Ξkt < Ξ
k
min
if Ξkmin ≤ Ξkt ≤ Ξkmax
if Ξkt > Ξ
k
max
(2.13)
Ξkmin and Ξ
k
max denote critical values of the damage criteria at which, respectively,
damage is initiated and completed. βk ∈ [−1.0, 1.0] is a dimensionless variable that
controls the damage profile. The behaviour encapsulated in (2.13) is depicted in
figure 2.3.
Curve Fitting
As described in [80], for the uniaxial tension test configuration, the first principal
stress may be computed from:
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Figure 2.3: The relationship between Dk and ξ in (2.13) for βk = 1, 0 and -1. ξ = 0
is the point of damage initiation and ξ = 1 is the point of complete failure of the
material. The plot is limited to 0 6 ξ 6 1 as this is restricted by equation 2.13.
σ1 =
f
TW
λ1 (2.14)
Here f is the measured reaction force, W and T are the initial width and thickness,
respectively, and λ1 is the uniaxial stretch. Fitting of the GOH and CDM parameters
to the experimental data was performed using the optimisation toolbox within MAT-
LAB. The fitting procedure was formulated as the optimisation problem described
in (2.15):
x =
arg min
x
{
w1||σexp1 − σmod1 ||axial2 + w2||σexp1 − σmod1 ||circ2
}
(2.15)
Here x is a vector of model parameters, σexp1 are experimentally measured first
principal Cauchy stresses (vector of values, measured over the course of the exper-
iment), computed using (2.14), and σmod1 are the corresponding model-predicted
stresses, computed using (2.10). w1 and w2, are weighting parameters, manually
tuned to achieve best fit, || · ||2 denotes the 2-norm and ”axial” and ”circ” pertain to
data derived from axial and circumferential specimens, respectively.
To improve optimisation time and robustness, GOH model parameters were found
separately from damage parameters. This was done by fitting to the experimental
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data up to the estimated point of damage initiation, identified through inspection of
experimental data. CDM parameters were then optimised over the whole data set
with the previously found GOH parameters.
To reduce the computational cost and robustness of the optimisation procedure,
several parameters were either assigned literature values or deduced by inspection.
Initial tests found that if κ is included in the optimisation procedure then the best fit
to data from any treatment type will always have κ ≈ 0.3 which is not representative.
Therefore, to ease computational cost κ was set to the value in [26]. However,
cross-linking was represented in 2.3 by κ and fixing this results in any differences
resulting from cross-linking to be accounted for by other parameters. The shear
modulus µ was fixed at 3 kPa (based on initial tests and values found in previous
studies [80]), as initial tests revealed that altering it had little effect on the overall
behaviour at the large stretches seen here, where the exponential fibre terms dominate.
Correspondingly, the matrix component of the CDM was also omitted thereafter.
Prior experiments showed that removing this component of the CDM had little effect
on results because of the relatively small influence of 2.2 on the GOH model behaviour
at large strains where 2.3 dominates. Fibre damage parameters Ξfmin and Ξ
f
max were
estimated according to: Ξfmin =
√
2
∑
i=1,2 Ψ
f
i (λ
I
1) and Ξ
f
max =
√
2
∑
i=1,2 Ψ
f
i (λ
F
1 ),
where λI1 and λ
F
1 are stretches at which damage initiated and at which complete
failure of the specimens occurred, respectively. These stretches were estimated by
direct inspection of the experimental curves. Therefore, the remaining constitutive
parameters estimated during the fitting procedures are as summarised in table 2.2.
Table 2.2: The constitutive parameters being found during each optimisation. θ is
the collagen fibre angle.
Elastic (GOH)
parameters
Damage parameter
k1 βf
k2
θ
There are multiple ways in which model parameter fitting to the experimental
data can be approached. A possible solution is to fit to each data set independently,
then average the parameters for the constitutive model to give the overall behaviour
in each direction. This method is computationally costly and as Roberson and
Cook have shown, averaged constitutive parameters are not guaranteed to represent
average behaviour [84]. In this work, therefore, the model was fit to averaged curves
only, and to both directions simultaneously (as described by (2.15)). However, while
this approach is less expensive, the fitted parameters are restricted to the average
curves and are not representative of the whole data.
A particle swarm optimisation procedure was utilised [85]. This global optimisa-
tion method operates by selecting multiple starting points, known as particles. This
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is advantageous as it reduces optimum solution dependence on the starting paramet-
ers, which is otherwise a common occurrence when fitting hyperelastic constitutive
models [86]. The movement of each particle is governed by simple mathematical
formulae describing the particle’s position and velocity. Each particle’s movement is
influenced by its local best known position, but also by the progress of other particles,
as they find better positions elsewhere in the search space. This moves the swarm
to the best solution whilst not being reliant on the gradient of the search space,
unlike the commonly used nonlinear least squares algorithm. This allows it to find
an approximate minimum despite the irregular search space that is present here. An
alternative approach for removing dependence on starting parameters is to use a
multi-start algorithm with a non-linear optimiser such as non-linear least squares
[87]. Here multiple least squares optimisation procedures are run independently with
different starting points. This can be thought of as a single particle governed by
more complex rules that attempts to find a minima from different starting points
with no information on prior attempts from other starting points. This was tested
and compared to a particle swarm optimisation and particle swarm was found to
be more accurate. Once the particle swarm optimisation has concluded, a least
squares optimisation algorithm is called, beginning at the best known location from
the swarm, to further refine the solution. Finally, upper and lower bounds were
imposed on the model parameters to limit the search space of the optimiser and
ensure physical plausibility.
2.3 Results
2.3.1 Mechanical Tests
The observed stress responses up to fracture of the tested specimens are shown in
figures 2.4 and 2.5. Overall large variation in results are present, however statistically
significant differences, assessed via the Student’s unpaired t-test [4], in fracture
behaviour can be seen (table 2.3). A summary of salient features of these responses
for the various categories of specimens follows:
Circumferential versus axial specimens. Circumferential specimens displayed
higher fracture stress (p<0.05 for all samples) while axial specimens have higher
fracture stretches (p<0.05 for all samples). An additional trend seen in both control
samples and glutaraldehyde samples is the fragmented response under loading in
the axial direction: the curves show some flattening and dips associated with minor
localised failure before final fracture.
Control versus 20 hour control (20hC) specimens. Samples from both groups
show similar behaviour with minor changes in fracture stress and stretch that are
not significantly different (p≮0.05).
Control versus collagenase specimens. Collagenase circumferential results are
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Table 2.3: Fracture stress and stretch values (mean ± standard deviation), and
results of Student’s unpaired t-test between control and treated samples [4]. Data
shown for fresh porcine aorta samples (control), samples incubated in saline solution
at 37◦ C for 20 hours (20 hour control), collagenase treated samples, elastase treated
samples and glutaraldehyde treated samples.
(a) Axial specimens.
Fracture Stress (MPa)
Control Control 20 hours Collagenase Elastase Glutaraldehyde
1.3 ± 0.41 1.33 ± 0.45 0.79 ± 0.37 1.48 ± 0.72 1.17 ± 0.477
- n.s. p<0.05 n.s. n.s.
Stretch in 1st Principal Direction at Fracture
Control Control 20 hours Collagenase Elastase Glutaraldehyde
1.84 ± 0.18 1.83 ± 0.24 2.10 ± 0.26 2.09 ± 0.29 1.77 ± 0.29
- n.s. p<0.05 p<0.05 n.s.
(b) Circumferential specimens.
Fracture Stress (MPa)
Control Control 20 hours Collagenase Elastase Glutaraldehyde
2.7 ± 0.61 2.96 ± 0.68 2.36 ± 1.01 4.35 ± 1.03 2.95 ± 0.74
- n.s. n.s. p<0.05 n.s.
Stretch in 1st Principal Direction at Fracture
Control Control 20 hours Collagenase Elastase Glutaraldehyde
1.6 ± 0.09 1.62 ± 0.09 1.73 ± 0.16 1.72 ± 0.09 1.63 ± 0.10
- n.s. p<0.05 p<0.05 n.s.
more scattered, with less well defined peaks and some evidence of localised failure
before the final fracture. Furthermore, the stretch at which fracture occurs is greater
(p<0.05), the curves showing an overall shift to the right. However, the fracture
stress is only marginally lower (no statistical significance). In the axial direction, the
collagenase specimens are far less stiff, with a lower fracture stress (p<0.05) and
higher fracture stretch (p<0.05).
Control versus elastase specimens. Elastase treated samples show an increase in
fracture stress and stretch in both directions. However, in the axial direction, only
the stretch is significantly different (p<0.05), whilst in the circumferential direction
both the fracture stress and stretch are significant (p<0.05). The highest fracture
stretches (approximately 2.8) across all treatments can be seen here in the axial
direction.
Control versus glutaraldehyde specimens. Glutaraldehyde samples in the cir-
cumferential direction show a higher spread in fracture stress, but similar fracture
stretches, with differences less stark than in the collagenase treated samples. While in
the axial direction, the fracture stress and stretch are similar to the control samples,
but the already fragmented fracture behaviour is now further exaggerated, with
damage initiating earlier.
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Figure 2.4: Axial specimens. First principal Cauchy stress versus stretch for the fresh
porcine aorta samples (control), samples incubated in saline solution at 37◦ C for 20
hours (20 hour control), collagenase treated samples, elastase treated samples and
glutaraldehyde treated samples. Raw experimental curves overlaid with averaged
curves in all cases.
Reliability of data. While every effort was made to ensure the data was accurately
and reliably recorded there are inevitably sources of error. As previously mentioned,
tests were conducted in open air and some sample drying may have occurred despite
efforts to minimise this. Additionally, while samples were digested in the same
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controlled conditions, it is likely that the magnitude of enzyme digestion will have
varied between samples and within samples also and will have been difficult to
detect and quantify. Finally, there will have been variations in the mechanical
response between animals and at different locations along the descending thoracic
aorta. Therefore, results must be interpreted with caution, specifically the fracture
behaviour must be considered for the test conditions here when comparing to other
data. However, the relatively large sample size and identical test conditions between
the groups results in the comparisons between samples being valid.
2.3.2 Curve Fitting
The resulting GOH parameters are given in table 2.4a. Glutaraldehyde treated
samples yielded the highest k1, with collagenase values significantly lower than all
others. All treatments resulted in substantially lower k2 values than for the controls,
with elastase specimens yielding the lowest. Finally the collagen fibre angle is lowest
for collagenase but highest for elastase samples, though the difference is small: < 4o.
Table 2.4: GOH and CDM parameters estimated from experimental data.
(a) Fitted GOH model parameters.
Sample k1(kPa) k2 θ (Degrees)
Control 143 4.45 40.8
Collagenase 66.0 2.23 37.3
Elastase 222 1.77 38.7
Glutaraldehyde 283 2.54 41.1
(b) Damage parameters found by identification, alongside fitted βf
parameter.
Axial Circumferential
Sample Ξfmin Ξ
f
max β
f Ξfmin Ξ
f
max β
f
Control 233 897 0.84 585 659 0.08
Collagenase 229 599 -0.03 530 823 0.71
Elastase 351 970 0.70 835 944 -0.75
Glutaraldehyde 296 995 0.82 680 797 -1
(c) Correlation coefficients (r2) for the whole fitted curves
compared to the experimental data.
Sample r2 axial r2 circumferential
Control 0.85 1.00
Collagenase 0.90 0.99
Elastase 0.86 0.99
Glutaraldehyde 0.90 0.98
The damage parameters were also sought from the averaged curves, but Ξfmin
and Ξfmax were found to be different in the axial and circumferential directions (table
2.4b). Additionally trial experiments showed that fitting βf to both directions
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Figure 2.5: Circumferential specimens. First principal Cauchy stress versus stretch
for the fresh porcine aorta samples (control), samples incubated in saline solution at
37◦ C for 20 hours (20 hour control), collagenase treated samples, elastase treated
samples and glutaraldehyde treated samples. Raw experimental curves overlaid with
averaged curves in all cases.
simultaneously produced poor fits and so the damage parameters were fit to each
direction separately. This may reflect differing fracture behaviour in the axial and
circumferential directions. Collagen fibres are closely aligned with the circumferential
direction, thus, when a sample is pulled to failure the collagen fibres have reached
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their tensile limit and snap. By contrast in the axial direction the collagen fibres
partially align themselves to bear the load and cross-links between fibre families also
play a larger role in the tensile behaviour. Thus, it is likely that at fracture fibre
families are pulled apart from one another as well as whole fibres snapping, leading
to more gradual fracture behaviour.
The damage parameters so obtained are given in table 2.4b. For Ξfmin and Ξ
f
max
in the axial direction, glutaraldehyde samples produced the highest spread (highest
Ξfmax but third lowest Ξ
f
min). Collagenase shows the lowest spread with the lowest
Ξfmin and lowest Ξ
f
max. The optimised value of β
f is highest for control samples, but
varies greatly, with collagenase samples showing the lowest.
In the circumferential direction, collagenase produced the highest spread between
Ξfmin and Ξ
f
max, with the lowest Ξ
f
min and second highest Ξ
f
max, whilst the control
samples produced the lowest spread. Interestingly, Ξfmin for elastase is greater than
Ξfmax for all other samples. β
f is lowest for glutaraldehyde and highest for collagenase.
The collagenase experimental data and the fitted curve show the slowest progression
to failure, which coincides with the highest spread between damage terms, Ξfmin and
Ξfmax.
The overall quality of the fits is assessed by the coefficient of determination
r2 measure (table 2.4c). The fits in the circumferential direction were all of high
quality, with r2 ≥ 0.97, but especially in the control samples where, in figure 2.6, the
experimental and fitted data are almost indistinguishable. Poorer fits were obtained
for axial data, with control data yielding the weakest fit (r2 = 0.850). The resulting
model-predicted curves are shown in figure 2.6.
Comparing between directions it can be seen that the spread of the damage terms
is overall higher for the axial direction. This is reflected in the curves as a more
gradual progression to failure for the axial data, whereas the circumferential data
show a sharper progression (figure 2.6).
2.4 Discussion
2.4.1 Mechanical Tests and Effects of Digestion
Results from uniaxial tests generally coincide with the anisotropic behaviour seen
elsewhere [88, 89, 78]. The stiffer behaviour in the circumferential direction is greater
because of greater alignment with the stiffer collagen fibres. This in turn leads to
a greater fracture stress in the circumferential direction. The difference in fracture
stretch is likely due to the high stress in the circumferential direction, such that once
the tensile strength of collagen has been reached the elastin and surrounding matrix
also breaks. Whereas the stress in the axial direction is far lower, the increasing slope
of the curves suggests that collagen is still the major contributor to the behaviour
at high stretch. The alignment of fibres could also explain the fragmented fracture
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Figure 2.6: Average stretch versus Cauchy stress with curve fits overlaid. Diamonds
mark the points at which damage was assumed to initiate. Non-damage parameters
were fitted to the curve regions prior to these points.
behaviour seen in the axial direction, as the drops could be associated with fibres
families pulling apart, rather than breaking outright .
The magnitude of the stress in the control samples is higher here than reported in
other publications [90]. However, a possible explanation is that preconditioning was
performed up to 15 mm and samples were extended further than this when stretched
to failure. Thus the region between 15 mm displacement and failure will show greater
time-dependent behaviour and it has been previously shown that loading rate affects
the failure stress and stretch [91, 92, 93]. Nevertheless, all tests were performed
under the same conditions and as such all comparisons between treatment types
remain valid.
The variation in the curve profiles and fracture behaviour may be attributed
to structural variations between individual animals and anatomical locations. The
latter in particular may have had a large effect despite only selecting upper thoracic
aorta proximal to the heart to ensure adequate tissue thickness. Different sections
of the thoracic aorta have differing structure and properties further from the heart
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due to the differing flow environments and so care must be taken to ensure arteries
from similar locations are tested to avoid variation in behaviour resulting from this
[26, 94]. Finally, the difference in thickness of the samples, may affect the extent of
digestion. Despite the samples being incubated for 20 hours, thicker samples will
require longer for the enzymes to permeate to the centre and thus thinner samples
would be expected to be more digested [95].
Collagenase treatment
The effect of collagenase digestion on wall compliance varies in the literature. Dobrin
and coworkers found that there was no change in axial compliance with collagenase
treatment, contradicting the results of this study [96, 97]. However Gundiah et
al. found collagenase treatment affected wall compliance in both directions, which
supports the findings here [42]. The differences in behaviour in this study are
most pronounced in the axial direction, with both the fracture stress and stretch
being significantly different, whilst only the stretch is significantly different in the
circumferential direction. This is an unexpected result because it has been shown
the collagen fibres in the intima and media are more aligned with the circumferential
direction (albeit marginally so in the intima). Differences in fracture properties
would therefore be most expected in this direction [26].
It is perhaps explained by the relationship between elastin and collagen in the
arterial wall: detachment of collagen from elastin fibres in the axial direction may lead
to collagen fibres not being recruited and thus the flat, highly extensible behaviour
in the axial direction. The digestion may have been insufficient to alter the fracture
stress in the circumferential direction, but enough to cause collagen to detach from the
elastin fibres in the axial direction. Many of the curve profiles in the circumferential
direction have lost the smooth behaviour seen in the control study, and instead show
a disrupted shape which may reflect disruption of the collagen fibre network.
Elastase Treatment
The behaviour resulting from elastase treatment is mostly different from that reported
in other publications, where elastin digestion instead is reported to result in a loss of
compliance and an immediate collagen-related stiffening [98, 39]. However, Chow et
al. have shown that partial digestion of elastin tends to increase the compliance of
the tissue, which would support the increased fracture stretch [41]. They describe
the increased compliance region followed by a sudden stiffening as the “extensible
but stiff” region, which shows varying initial compliance depending on the amount of
elastin degradation and which is also supported by other studies [78, 99]. However, to
the author’s knowledge, no study examined the tensile behaviour of elastase treated
artery up to failure, and so speculation as to the causes of this behaviour is difficult.
However, it is interesting to note the behaviour of the average elastase treated sample
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in the circumferential direction when compared to that of the 20hC and control
samples (figure 2.7). Despite a slight shift to the right and an increase in fracture
stress/stretch, the elastase curve follows a similar profile to the two control curves. A
possible reason is that this is an innate response of the tissue to elastin loss/damage.
Loss of elastin leads to the alteration of collagen and elastin interconnectivity such
that collagen bears more of the load and the fracture stress increases. This acts to
shield the remaining elastin from further damage whilst further protecting the vessel
from rupture. A possible means of analysing this proposed explanation would be to
use electron microscopy to view the collagen and elastin fibre interconnectivity and
any associated changes before and after treatment.
Figure 2.7: Direct comparison of control and 20hC average data with elastase average
data in the circumferential direction.
Glutaraldehyde Treatment
The ability of glutaraldehyde to cross-link and stiffen proteins has been exploited for
various applications and is widely used for fixing biological samples for histological
examination [100, 101, 102]. This capability has been suggested elsewhere for altering
mechanical properties of vascular grafts to match those of the host [103, 104]. These
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studies found an increase in stiffness and tensile strength with treatment, which
was not evident here despite treatment concentrations and durations being similar.
Despite this, an increase in fragmented behaviour in individual curves compared to
the control samples in the axial direction can be observed. It is possible that at this
concentration, the treatment is most effective on cross links between existing fibre
bundles, causing existing links to become more brittle, and easing the separation
from one another of fibre bundles.
2.4.2 Parameter Fitting and Effects of Digestion
Quality and Reliability of the Fits
Comparison of the quality of the curve fits in circumferential and axial directions
(figure 2.6) suggests that this overall model is best suited for smooth, continuous
breaking. The poorer quality of the curve fits in the axial direction can be partially
attributed to the fragmented and discontinuous curve profile, which is likely because
of pulling against the main fibre orientation [91]. Similar effects have been observed
in other failure tests such as peel testing [46].
However, an additional reason stems from the nature of the GOH model at
high stretches. The GOH parameters that gave the best fit to the non-damage
portion of the axial experimental curve, produce very large stress at the failure
stretch. If the stress from the GOH model at the failure stretch was too high, the
damage model could not reduce this stress sufficiently to produce a good fit to the
experimental data. By adjusting the fitting procedure to reduce the gradient of
the elastic portion of the curves, this large stress was reduced and the overall fit
to the experimental data improved. This is reflected in all of the model curves for
axial direction specimens: the model underestimates the stress until relatively close
to the failure point, when it briefly switches to overestimation. The effects of this
modification to the fitting of the GOH parameters can be seen when comparing
figure 2.7 to the fitted GOH parameters in table 2.4a. Despite the very similar
curve profile in the control and elastase treated samples, the fitted GOH parameters
are very different. This is because there are multiple suitable candidate solutions
for the circumferential direction that will yield equally good overall r2 values to
those seen here; that is, the model over fits the data. Fitting to the axial direction
simultaneously reduced the number of candidate solutions and produced parameters
that better represented the overall tissue behaviour. On the other hand, modifying
the fitting procedure to achieve a better fit in the axial direction may also diminish
the physical insight that can be derived from the resulting parameter values.
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2.4.3 Diseased Tissue Comparison
Two of the most prevalent and widely explored arterial diseases are atherosclerosis
and aneurysm. He and Roach investigated the composition and mechanical properties
of abdominal aortic aneurysms [105]. They stained the aortic wall to identify collagen
fibres in histology and performed uniaxial tension tests in the axial direction. It was
found that elastin and smooth muscle cell volume fraction decreased by approximately
an order of magnitude compared with healthy tissue, whilst collagen volume fraction
nearly doubled. Their tensile test data, correspondingly, showed increased stiffness
in diseased tissue and curves shifted towards lower strains. This behaviour coincides
with results reported in Gundiah et al. when elastin was artificially degraded [42].
However, it was not reflected in the results of this current study, wherein curves
for elastase treated samples showed a shift towards higher strains. It could be
speculated that to emulate the mechanical properties of aneurysm tissue, greater
elastase digestion is necessary. Additionally, subsequent glutaraldehyde treatment
may further emulate the increase in collagen volume, as the remaining collagen will
be heavily cross-linked by this means.
Comparing failure behaviour, Raghavan et al. performed uniaxial tension tests on
ruptured and unruptured human abdominal aorta aneurysms in the axial direction
[106]. The mean failure stress for unruptured aneurysms (0.95 ± 0.28 MPa) is similar
to results reported here for all sample treatment types, but is closest to the values
for glutaraldehyde and collagenase treated samples. However, the failure stretch in
that study (1.39 ± 0.09) is far lower than for all sample treatment types here. A
possible explanation for this disparity is that the tissue investigated in that study is
in the late stages of the aneurysm disease process. The treatments applied here were
intended to partially degrade or cross-link collagen and elastin fibres, thus greater
treatment time or concentration may allow the tissue to more closely emulate later
stages of the aneurysm disease process, specifically.
One of the most complete investigation into changes in arterial wall mechanics
in atherosclerosis was performed by Holzapfel et al. [107]. Here, uniaxial tension
results from atherosclerotic intima and media from iliac arteries were compared with
those of intima, media and adventitia from non-diseased sites. The results showed a
pronounced difference in the media when stretched in the circumferential direction,
with steeper curves and a higher ultimate tensile stress, despite the stretch at failure
being much lower. In the axial direction the difference was far less clear and there
seemed to be little difference between diseased and non-diseased media. The higher
fracture stress in the circumferential direction coincides well with the results seen
here for elastase treated samples, however the lower fracture stretch does not. Closer
approximation of this behaviour might be achieved with further elastase digestion
or a combination of elastase digestion and glutaraldehyde treatment, as suggested
previously.
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Failure behaviour of atherosclerotic coronary artery was investigated in [108].
Axial and circumferential samples were stretched to failure and the failure stress and
stretch were reported. The axial failure stress (Cauchy stress approximately 0.73
± 0.38 MPa) was similar to the value reported in the present study for collagenase
treated samples. Circumferential failure stress (Cauchy stress approximately 1.80 ±
0.78 MPa), while similarly closest to the present value for collagenase samples, was
nonetheless substantially lower. Axial failure stretch was considerably smaller (1.40
± 0.18) than for any treated samples here. Circumferential failure stretch (1.47 ±
0.25) was most like control, 20hC and glutaraldehyde sample values in this study but
still much reduced. Longer treatment times may aid in reducing the circumferential
fracture stress and fracture stretch in both directions. However, the true effects of
the atherosclerotic plaques would likely not be confined to alterations in the elastin
and collagen networks, and this could also explain the differences observed.
2.4.4 Limitations
Mechanical testing in this study was performed at room temperature and in open air,
whilst many other studies performed tensile tests within a saline bath. It has been
previously mentioned in Section 2.2.1 that this was to allow for accurate recording
of sample stretch. However, methods similar to those employed by Loree et al. with
a saline drip at 37◦C may yield results with more physiological relevance [109].
To ensure complete removal of the adventitia an incision was made midway
through the arterial through-thickness. This involved removing more tissue than was
likely necessary and removal of the adventitia could not be certain. This may have
effected the variation in mechanical properties between samples as more adventitia
may be remaining on some samples than others where it was completely removed.
Imaging techniques such as histology would aid in verifying whether this technique
did indeed fully remove the adventitia and should be utilised in future studies [94].
Further physiological relevance could also be achieved with biaxial loading, which
more closely reflects the in vivo loading conditions [110, 8, 111]. However, there are
practical difficulties associated with using biaxial testing at high loads present in
this study [94], and doing so may yield poor estimates of stress [112, 113]. Thus it is
ill-suited to investigation of failure behaviour.
The GOH constitutive model was chosen due to its wide use for capturing arterial
wall mechanics. Despite using a relatively thin layer of tissue, a gradient of enzyme
penetration must persist, meaning superficial regions will be more digested than
interior ones. A constitutive model that incorporates different layers may accordingly
enable the depth-dependence of mechanical properties that must accompany this
gradient to be captured.
Additionally, while the GOH formulation has been shown to model well the tissue
response in physiological strain ranges, the exponential fibre term may not be suitable
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outside this range, where it appears the collagen fibres transition from exponential
to more linear behaviour [114]. A modified strain energy function that emulates the
GOH response for moderate strains, but approaches linearity nearer to failure strains
may thus be more widely applicable. Finally the applicability of the GOH model
to arterial wall that has undergone enzymatic digestion has not been established;
enzyme treatment may drastically alter fibre properties such that the underlying
assumptions of the model may no longer be valid; and further investigation of this
matter is required.
2.5 Conclusions
The main goal of this study was to investigate the effect of removing and altering con-
stituent proteins of thoracic aorta on the mechanical response with respect to disease
processes. To this end, porcine arteries were treated with collagenase and elastase
concentrations that allow for partial breakdown of constituent proteins to emulate
the mechanical property changes that accompany disease. In addition, arteries were
treated with a weak glutaraldehyde solution to induce minor cross-linking, similar
to that seen in some in arterial diseases. Collagenase treated samples did not show
significantly different fracture stresses from controls in the circumferential direction,
but in the axial direction the difference was significant. Conversely, elastase samples
showed a significant increase in fracture stress in the circumferential direction, but
no significant difference in the axial direction. Glutaraldehyde samples showed no
significant difference in either direction. Axial direction curve profiles were, however,
significantly changed by this treatment, showing more fragmented behaviour and
damage initiating sooner.
To draw out quantitative comparisons to the curve profiles the commonly utilised
GOH model was combined with a continuum damage model and fit to the experi-
mental data. Both enzymatic treatments had a strong effect on fibre-related model
terms, but only collagenase results suggested a strong change in fibre orientation.
This model was best suited to circumferential data due to the smoother transition
from damage initiation to complete failure.
Finally, as mentioned in the Introduction, disease processes are complex and
multifaceted, and simple enzymatic digestion provides only an approximation of the
various chemical, physical and cellular processes taking place within the arterial
wall during, for example, aneurysm formation. Therein loss of elastin, and the
accompanying increase in wall compliance, stimulates cellular mechanotransduction
and, in turn, complex remodelling of collagen components [16]. Wall mechanics in
atherosclerosis are yet more complex due to the presence of the athersclerotic plaque
which, despite efforts to capture its mechanical properties, is exceedingly difficult
to incorporate into healthy arteries ex vivo with many studies opting to induce the
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process in vivo [115, 116]. The physiological complexity of real disease processes
notwithstanding, the aim of this chapter was to produce a physical model of diseased
arteries that effectively emulates the accompanying changes in their mechanical
properties only. However, as mentioned in section 2.4.3, judicious combination of any
or all of these treatments could in principle be used to effect the changes observed in
a particular disease.
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Chapter 3
Controlled peel testing of a model
tissue for diseased aorta
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3.1 Introduction
Arterial dissection refers to separation of the inner layers of the arterial wall. This is
almost always initiated by trauma, either directly to the vessel wall, e.g. a catheter
piercing or tearing the intimal layer of the vessel during an endovascular procedure
[22], or indirectly via external trauma, for instance from motor vehicle crashes [23].
Depending on the direction of blood flow, the circulatory pressure will either press
the tissue flap to the wall or act to propagate the dissection (figure 1.5). The former
often results in the dissection remaining benign, whereas the latter can eventually
progress to create a large tissue flap that blocks downstream blood flow in the true
lumen and encourages flow into the newly formed false lumen between the flap and
remaining artery wall. In large arteries this is often fatal: mortality rates for aortic
dissections are reported to be 50% [117].
The increasing use of endovascular treatment methods renders desirable the
development of new medical devices such as endovascular catheters. Research in this
area requires access to large supplies of arterial tissue - preferably diseased, to reflect
the state of real patient tissues - for physical testing of designs. But, accessing human
diseased tissue is costly and has numerous ethical and legal implications. In chapter 2
porcine arterial tissue, processed with a suitable combination of enzyme solutions, was
proposed as a model of diseased human tissues for use in such developments. Various
enzymatic treatments were explored as a means of emulating the effects of diseases on
the mechanical properties. Correspondingly, the effects of collagenase, elastase and
glutaraldehyde treatments on the uniaxial elastic and failure behaviour of arterial
tissues were investigated. In the present chapter, these results are expanded upon by
investigating the effects of these treatments on dissection resistance. More specifically,
the mode 1 critical energy release rate (Gc), as a measure of the strength of the
tissues, is compared before and after treatment with each of the mentioned solutions.
The low cost and ready availability of porcine arterial tissue (often considered a
waste product in meat preparation), and avoidance of aforementioned ethical issues,
suggests tissue models produced in this way can ameliorate the cost and complexity
of medical device design.
The media of the arterial wall is most prone to dissection, as a result of its
organisation into lamella units, stacked on top of one another [24]. These lamellae
are primarily composed of fibres of rubber-like elastin and stiffer collagen, and
smooth muscle cells. These constituents, moreover, are orientated predominantly
within planes tangential to the vessel axis, and with a bias towards circumferential
directions over axial [25]. This organisation in turn imparts the highest mechanical
strength in circumferential directions, somewhat lower strength in axial directions,
and significantly lower strength in radial directions [26, 27]. This can be seen in
figure 1.6.
Various diseases are associated with higher susceptibility to arterial dissection. For
43
3.1. INTRODUCTION
individuals with Marfan’s syndrome the most common cardiovascular complication
is enlargement of the ascending aorta, often leading to aortic dissection [118]. This
is caused by a mutation to the fibrillin-1 glycoprotein which in turn affects elastin
protein structure in the thoracic aorta, resulting in a weakened arterial wall [38]. A
further disease linked to increased dissection incidence is Ehlers-Danlos syndrome,
which is associated with a mutation in the gene coding for collagen III. This again
leads to weakened arterial walls, with rupture or dissection the most common form
of death [119, 120]. It was also speculated that low collagen content related to post-
partum hormonal imbalance is associated with instances of arterial dissection [121].
Additionally many cases of dissection accompany aneurysm formation and this is again
linked to a change in the structure of both elastin and collagen [122, 105, 123]. Finally,
there is also experimental evidence for diminution of vessel strength (specifically,
aorta) associated with these diseases, which could explain this higher susceptibility
[124, 46].
Enzyme digestion has been utilised previously to alter arterial mechanical prop-
erties. Treatment with collagenase or elastase was applied to reduce or remove the
respective proteins, and the resulting changes in mechanical response were investig-
ated via uniaxial, biaxial or inflation testing [43, 39, 42]. However, little investigation
of the effects on failure behaviour of the tissues, such as during dissection, has been
performed. Those studies that have been performed were concerned with tensile fail-
ure modes [45, 65]. In contrast, characterisation of dissection properties in untreated
tissue has been well investigated. Dissection propagation was first investigated by
infusing liquid into the media to mimic the process of blood flow initiating and
propagating a dissection [125, 49, 47]. Later, Sommer et al. performed controlled
peeling of the aortic media and recorded the force displacement behaviour [46]. This
method has been used with tissue from complex sites like bifurcations [48], and with
diseased human thoracic aortic and abdominal aortic aneurysms [57, 58].
Controlled peeling in this way clearly represents a simplification of in vivo loading
regimes, and it could be argued that liquid infusion experiments more closely resemble
blood flow-driven dissection, at least. In the latter configuration, while the separation
of vessel layers would remain predominantly mode 1 (figure 3.1), there is likely an
ambiguous mixture of rupture modes involved in any particular experiment. It is
correspondingly difficult to extract meaningful and repeatable measures of tissue
strength by this means. Peeling, by contrast, involves pure mode 1 rupture, and the
physical meaning of the derived energy release rate Gc is correspondingly clear. The
rupture process, being driven by displacements of opposing tissue flaps, is also easier
to control, further improving repeatability. Therefore, as a means of quantifying
resistance to dissection (i.e. separation of tissue layers), and of reliably assessing the
effect on this of the different treatments, peeling tests were adopted in this work.
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Figure 3.1: 2D schematic illustrating the similar tractions at the crack tip for peeling,
liquid infusion and blood pressure propagation of the dissection.
3.2 Methods
3.2.1 Sample Preparation
Thoracic aorta from healthy pigs bred for human consumption were collected from a
local butcher on the same day as slaughter and transported in a cooled environment
to the laboratory. Excess connective tissue was removed and the aortas were cleaned
and stored in saline solution. Each aorta was cut into 40 mm by 10 mm strips,
oriented either in axial or circumferential (circ) directions (figure 3.2). Sample
geometry was based on tests performed by [46]. The effect of sample geometry
and edge effects have not been previously investigated and were not investigated
in this study. However, [126] proposes that the resistance to peeling results from
radially running collagen fibres that have a uniform density and in this work the
same assumptions are made. The adventitia was carefully peeled away and discarded
to ensure similar mechanical properties on either side of the tear when peeled. The
intima was deemed to be too thin to have a significant influence on the mechanical
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response, and was therefore not removed. Finally a tear was initiated by making a
small incision through the centre of the media. As in chapter 2 samples were taken
from the upper thoracic aorta proximal to the heart to have sufficient thickness.
However, arteries further from the heart have different peeling properties to those
closer, see table 3.4. This variation between samples is likely present even with
samples from relatively similar locations along the arterial tree and may explain
variation between samples seen later.
Collagenase, elastase and glutaraldehyde treatments were performed according
to the protocols described previously in chapter 2, and as further summarised in
table 3.1. Control and treated tissue was tested within 48 hours of the slaughter
of the animal, (this period included both retrieval of tissue from the supplier and
incubation according to the described protocols). After treatment all samples were
washed thoroughly in saline solution and stored in saline solution plus antibiotic and
anti-fungals at room temperature prior to testing.
Figure 3.2: Schematic showing orientations of sample with respect to the artery wall.
Table 3.1: Enzyme, glutaraldehyde and control treatment concentrations and dur-
ations. N(axial) and N(circ) are the number of treated samples in the axial and
circumferential direction respectively.
Treatment Concentration Temp. Duration N(axial) N(circ)
Control - 37◦C 20 hours 16 16
Collagenase (Roche) 0.05 U/ml 37◦C 20 hours 14 17
Elastase (Sigma Aldrich) 0.2 U/ml 37◦C 20 hours 14 16
Glutaraldehyde 0.1% 4◦C 20 hours 14 13
3.2.2 Test Protocol
Samples were prepared for peel testing by carefully pulling apart the flaps either
side of the incision to leave 10 mm of tissue tongues for the tensile machine grips
to hold. To measure sample geometry, samples were photographed using a Fujifilm
Finepix Z90 digital camera with a ruler adjacent for scale (figure 3.3). Sample
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width and peeled length were then estimated using ImageJ software1. Mean sample
geometries are summarised in tables 3.2a and 3.2b. The tissue width is used to
normalise the dissection force as wider samples would be expected to have a greater
peeling force. This is because more tissue is peeled with a wider sample, for a given
length, and thus more energy expended. The length is used to find Gc from 3.1. The
standard deviations are small so while sample geometry is assumed to not affect
the recorded Gc, if any variation does occur as a result of sample geometry it will
be minimal. The thickness was not recorded as it has been previously shown that
there was no correlation between tissue thickness and dissection force [46]. After
photographing, samples were placed back in PBS solution for 5 seconds to rehydrate
before mounting in the tensile test machine grips. Peel testing was performed at
room temperature on a Tinius Olsen 5 kN tensile machine with a 10 N Tinius Olsen
load cell. The samples were mounted such that the machine grips were as close to
the start of the tear as possible. Grip surfaces were serrated to prevent slippage.
Gradual loading was applied until 0.05 N force was registered, to place the sample in
tension just prior to testing. The machine head was then displaced at 1 mm/s to
peel the sample apart. A study by van Baardvijk and Roach [127] suggests dissection
speeds may vary significantly under pulsatile blood pressure loads. The peeling
speed used here, which lies near the middle of the range identified in [127], was thus
selected to approximate the physiological loading rates experienced by the tissue
during an intervention, whilst ensuring controlled peeling was maintained. Peeling
was performed to complete separation as this guaranteed that the length of tissue
peeled was similar between samples. If peeling was stopped after a certain amount
of grip displacement the amount of tissue peeled would vary greatly (shown in figure
3.5). While this is not a physically accurate representation, the data in figure 3.5
shows no evidence that there are any edge effects or other phenomena at the end
of the peel test. Additionally, the time during which samples were out of saline
solution was minimised, to ensure they remained hydrated. If the sample broke before
the two sides had completely peeled, it was discarded. Additionally, the thickness
each side of the tear was not recorded but was monitored to ensure that the tear
remained close to the centre of the tissue. If tissue thickness on one side of the tissue
was substantially thicker than the other then the sample was also discarded. The
experimental configuration is illustrated in figure 3.4.
3.2.3 Critical energy release rate
As in [46], the critical energy release rate (Gc) is utilised to quantify the peeling
response. This is found in either the axial or circumferential direction as follows:
Gc = (Wext −Welastic)/L (3.1)
1http://imagej.nih.gov/ij/
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Table 3.2: Mean ± standard deviation of sample dimensions.
(a) Width of tissue (mm).
Control Collagenase Elatase Glutaraldehyde
Axial 9.4 ± 1.2 9.3 ± 0.8 9.3 ± 0.7 9.9 ± 1.1
Circumferential 9.4 ± 1.2 9.7 ± 0.6 9.7 ± 0.7 10.1 ± 0.9
(b) Length of tissue to be dissected (mm).
Control Collagenase Elatase Glutaraldehyde
Axial 31.4 ± 1.4 30.1 ± 2.1 30.9 ± 1.5 30.2 ± 1.9
Circumferential 31.5 ± 2.3 29.3 ± 2.2 30.5 ± 1.4 31.9 ± 3.1
Figure 3.3: Sample before peeling. The initial tear began at the top of the specimen
and extended to the black marker.
where Wext and Welastic are the externally applied work and stored energy per unit
width, and L is the length of tissue to be dissected, shown in figure 3.4. Wext is
computed using:
Wext = 2Fl (3.2)
where F is the mean peeling force (per unit width), and l is the length of the tissue
in the stretched state, immediately prior to breaking. Both are illustrated in figure
3.5 (see figure 3.4 for additional explanation of l). Equation 3.2 can be understood
as the tensile machine grip displacement (2l) multiplied by the mean peeling force.
Equivalently, this can be approximated by twice the area under the steady state
region of the curve in figure 3.5. Finally Welastic is estimated as the mean force per
width times the tissue change in length, i.e:
Welastic = F (l − L) (3.3)
wherein linearity of the constitutive response is assumed - see discussion in [46].
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Figure 3.4: Schematic of experimental set up before loading and immediately before
full separation. The top image shows the free tongues, made by the initial manual
tearing, held by grips. L is the length of tissue to be dissected. In the bottom image,
l is the length of the tissue at full separation.
Figure 3.5: Representation of the force displacement data from a peel test, and
indicating the region over which the mean peeling force F is calculated. The
displacement l of the loading grips at full separation is also shown.
3.2.4 Multiphoton microscopy
To visualise the effect of enzymatic digestion on collagen and elastin fibres, two
photon and second harmonic generation microscopy (TPM and SHG) was performed
on a series of samples created using the same protocols as for the test specimens. It
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was conducted on a Zeiss Upright LSM510 Meta Confocal Microscope with a class 4
tuneable Ti-Sapphire two-photon laser. TPM was conducted at 800 nm to visualise
elastin fibres and SHG at 950 nm for collagen. Samples were imaged from the intimal
side on the axial-circumferential plane at a depth of 19.5 µm from the surface.
3.3 Results
3.3.1 Controlled peel testing
Hereafter, superscipts “a” and “c” are used to denote results for axial and circumfer-
ential samples, respectively. A common pattern of behaviour can be seen across all
samples with a sharp increase to a well defined, but uneven, plateau region, followed
by a sudden drop off, as the sample fully separates. This can be seen in figure 3.6.
The mean force values from the plateau regions of each curve were computed
and then averaged to find F a and F c. These are shown in table 3.3. Critical energy
release rates, Gac and G
c
c, are shown in table 3.3. Further observations of behaviour
for each treatment type are presented:
Table 3.3: Average steady state forces per unit width and critical energy release
rates ± standard deviations, with associated p values compared with control results.
Units for F and Gc are N/m and J/m
2, respectively. p values were calculated from
Gc data using Student’s unpaired t-test [4].
(a) Axial.
Value Control Collagenase Elastase Glutaraldehyde
F a 76.7 ± 25.9 53.9 ± 12.2 69.1 ± 27.0 83.6 ± 13.7
Gac 183.3 ± 64.2 135.8 ± 31.2 171.8 ± 71.2 186.3 ± 33.5
p value N/A <0.05 n.s. n.s.
(b) Circumferential.
Value Control Collagenase Elastase Glutaraldehyde
F c 67.4 ± 11.7 49.3 ± 11.9 58.8 ± 17.3 91.2 ± 28.2
Gcc 151.8 ± 27.0 108.1 ± 28.0 132.4 ± 40.0 190.1 ± 60.5
p value N/A <0.05 n.s. <0.05
Control. No significant difference (p≮0.05) was found between Gac and Gcc for
the control samples (table 3.3). The force plateau regions for most samples (though
for axial samples in particular) were quite noisy, and the spread of values between
samples was relatively high. Standard deviations for F a and F c were therefore
similarly high (with the standard deviation of F a largest). Correspondingly, though
Gac was larger than G
c
c, the difference was not significant.
Collagenase. Gac was significantly greater (p<0.05) than G
c
c. Comparing to the
control samples, Gac and G
c
c were both significantly lower (table 3.3). There was little
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difference in curve profiles or spread between circumferential and axial directions, as
reflected in the standard deviations of F a and F c.
Figure 3.6: Force per unit width versus displacement for peel tests in the axial and
circumferential directions.
Elastase. No significant difference was observed between Gac and G
c
c (p≮0.05)
and both were similar to the control samples (table 3.3). The pattern of higher noise
in axial results is also observed here, again also seen in the standard deviation of F a
being far greater than that of F c.
Glutaraldehyde. Gac and G
c
c were also similar, with G
c
c slightly, but not significantly,
higher (p≮0.05). Comparing with control samples, there was a significant increase
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in Gcc, but no significant difference in G
a
c (table 3.3). Unlike the control and elastase
treated samples, the noisiness of the plateau region and spread of data were greater in
the circumferential direction. This can also be seen in table 3.3, where the standard
deviation of F c is greater than that of F a.
Collagen Control Elastin Control
Collagen Digested Elastin Digested
Collagen Glutaraldehyde Elastin Glutaraldehyde
Figure 3.7: SHG images of collagen and TPM images of elastin (at depth of 19.5µm)
for controls, samples with either proteins digested by their respective enzyme and each
protein following glutaraldehyde treatment. Intimal side of the axial-circumferential
plane is presented to demonstrate the protein loss. C and A on the images axis refer
to circumferential and axial directions respectively.
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3.3.2 Microscopy
Multiphoton images of the elastin and collagen in control samples and the samples
after partial digestion of the respective proteins are shown in figure 3.7. It can be seen
that there is a clear loss of each respective fibre after digestion with both collagenase
and elastase. The remaining collagen fibres appear more wavy and less distinct,
with more empty space visible and thinner fibres missing, while there appears to be
little remaining structure to the elastin fibres. Finally, it appears glutaraldehyde
treatment caused an increase in fibre crosslinks and fibre density for both collagen
and elastin.
3.4 Discussion
The noisy force profiles yielded by all samples are similar to those described elsewhere
for peel testing and other forms of arterial tearing [46, 48]. They most likely stem
from the fibrous structure of the arterial wall. Separation of the neighbouring layers,
correspondingly, is characterised by progressive breaking of individual fibres, or of
larger fibre bundles, so that the overall failure process more closely resembles a series
of discrete failure events, rather than a single continuous one. Similar effects have
been observed in rubber as so-called stick-slip tearing.
Previous work has highlighted anisotropy in the peeling behaviour of arterial
walls [46]. The axial direction was shown to exhibit more erratic behaviour, with the
plateau region being less flat and with greater variation between samples compared
to the circumferential direction. This was also seen for F a and Gac in this study:
both were higher and had greater standard deviations than did their circumferential
counterparts. This is again thought to be related to the fibrous structure of the
tissue.
Of the previous studies identified (table 3.4), the values for Gcc in control samples
of this study (151.8± 27 J/m2) were closest to those of Carson and Roach [47], who
reported a Gc of 159± 9 J/m2 (though the orientation of their specimens was not
reported). In their study, porcine thoracic aorta was used (as here) however, the
tearing was propagated via liquid infusion, rather than peeling. The patterns of
deformation, and corresponding modes of failure were therefore different from those in
the experiments conducted here (see Section 3.1), and care must be taken in drawing
comparisons. Results of other liquid infusion studies, for example, corresponded less
well with the values presented here, with the possible exception of lower abdominal
aorta results from [49]. The force and energy measurements in this work were generally
much higher than those of previous peel test studies, with the exception of Pasta et
al. [58], whose F a and F c values were significantly higher again. Furthermore, this
range of values is not unexpected considering the variability in response of arterial
walls subjected to tensile loading in the axial and circumferential directions: average
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constitutive parameters (fitted to biaxial tensile test data) of control samples from
two similar studies were over an order of magnitude different [42, 128]. Nevertheless
the values for Fa, Fc, G
a
c and G
c
c reported here are greater than nearly all values
found in other studies. One reason for this discrepancy may be the test conditions.
Tests here were performed at room temperature and in open air, both of which will
likely increase the dissection energy. Furthermore to prevent tissue drying and to
more closely reflect in vivo conditions, testing was performed at 1 mm/s. However,
Tong et al. showed that faster testing speeds increased the dissection energy and is
further explanation for increased Gc in this study.
Table 3.4: Healthy artery peeling forces per width, Fa, Fc (N/m), and critical energy
release rates, Gac , G
c
c (J/m
2). P, porcine and H, human. A, aorta; TA, thoracic aorta;
ATA, UTA and LTA, ascending, upper and lower thoracic aorta; AA, abdominal
aorta; UAA and LAA, upper and lower abdominal aorta; ICA and CCA, internal
and common carotid artery; CA, coronary artery. LI, liquid infusion.
Vessel Method Fa Fc G
a
c G
c
c Ref.
P-UTA LI - 159 ± 9 [47]
H-A LI - 16.5 [56]
P-ATA LI - 43.9 ± 21.9 [49]
P-UTA LI - 28.4 ± 11.9 [49]
P-LTA LI - 29 ± 12.1 [49]
P-UAA LI - 18.8 ± 8.9 [49]
P-LAA LI - 113.4 ±40.5 [49]
H-AA Peeling 34.8 ± 15.5 22.9 ± 2.9 76 ± 27 51 ± 6 [46]
H-ICA Peeling 26.9 ± 7.1 - 60 ± 16 - [48]
H-CCA Peeling 33.7 ± 10.9 21.5 ± 4.2 75 ± 24 48 ± 10 [48]
H-ATA Peeling 149.0 ± 7.6 126.0 ± 6.6 - [58]
H-CA Peeling - 10.3 ± 5 - [129]
P-TA Peeling 76.7 ± 25.9 67.4 ± 11.7 183.3 ± 64.2 151.8 ± 27.0 Present
3.4.1 Collagenase
The significant drop in Gac and G
c
c compared to control samples implies that collagen
has a large effect on peeling response. The microscopy results also show a clear loss of
collagen fibres and resulting structure. This supports the literature on Ehlers-Danlos
syndrome presented in the introduction, in which collagen loss was noted to correlate
with higher rates of dissection. Additionally previous studies reported that collagen
lies between lamellae and that toward the centre of this interlamellar space the fibres
are randomly orientated [130].
The difference between Gac and G
c
c increased in the collagenase treated samples,
which is contradictory to results from tensile tests wherein anisotropy decreased
with decreasing collagen content [40]. However, the overall spread of Gac and G
c
c (as
measured by the standard deviation) became more similar, implying that treatment
reduced the variability between samples. The mechanisms by which collagenase
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reduces inter-sample variation are not clear, but differences in collagen density
and cross-linking likely contribute to the variation between animals and location.
Digestion of collagen may correspondingly reduce this variation.
The steady state regions of the force responses are smoother for collagenase
samples than for controls (in both directions), which may reflect both reduced
concentration of collagen fibres and lower strength of remaining fibres. These findings
are similar to those in chapter 2, where only collagenase treated samples showed a
statistically significant drop in fracture stress compared to controls.
3.4.2 Elastase
Overall, there was little difference between the control and elastase treated samples,
with no statistically significant differences in either Gac or G
c
c. However, the microscopy
images show large loss of elastin and nearly all fibre structure. This suggests elastin
plays a lesser role than collagen in the tissues’ resistance to controlled peeling.
On the other hand, while affirming a primary organisation into tangentially
oriented sheets, [25, 130, 131] noted elastin struts between lamellae and interlamellar
elastin fibers that may provide some radial resistance. Moreover, MacLean et al.
[27] observed breakages in these small elastin fibres following radial loading of aorta
samples, suggesting they would indeed bear some of the load applied in this study.
Viewed in this light, then, the present results may rather reflect either very low
strength in these small fibres so that the effect of their degradation was not detectable
in the experiments conducted here, or inadequate permeation of the enzyme to the
centre of the samples, where these fibres reside. Whatever the true mechanism, it is
clear that the elastase treatment, in contrast to its influence on tensile behaviour,
had little effect on the peeling behaviour of the aorta samples.
3.4.3 Glutaraldehyde
Glutaraldehyde has been previously utilised for cross-linking collagen to increase
material stiffness and tensile strength [132, 133]. In this work, glutaraldehyde was
the only treatment to show increases in Gac and G
c
c compared to controls, though
only the circumferential increases were significant (p < 0.05). In contrast, the tensile
testing in chapter 2 found little effect of glutaraldehyde treatment on the tensile
elastic and fracture properties of porcine aorta. However, microscopy images in the
axial-circumferential plane showed increased crosslinking and fibre density. Therefore,
this implies that partial cross-linking resulting from low concentration glutaraldehyde
treatment is more effective on radial bridges between lamellae, that resist peeling
forces, than in fibres in the axial or circumferential directions, that resist the uniaxial
extensions seen in chapter 2.
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3.4.4 Diseased tissue comparison
Few studies have investigated the effect of disease on tissue response under controlled
peeling. Difficulties in finding a significant number of participants for relatively rare
genetic diseases like Marfan’s and Ehlers-Danlos syndrome prevent investigation into
the biomechanical effects of these diseases.
However, peel tests have been performed on aneurysm tissue from ascending
thoracic aorta and compared to healthy tissue from the same location [58]. They
found that both F a and F c for aneurysm tissue were significantly lower than for
healthy tissue and that the difference between F a and F c was decreased in aneurysm
tissue, indicating a loss of anisotropy. This behaviour is most like that of the
collagenase digested tissue reported here. However, aneurysms are more strongly
associated with elastin loss, which were found here to have negligible effect on
controlled peel testing of arterial samples.
3.4.5 Limitations
In this study it was assumed that the effect of smooth muscle cell bridges, between
the lamellae, on the tissue response to controlled peeling was small, compared with
those of collagen and elastin. Nevertheless it has been shown that smooth muscle
cells do play a role in arterial dissection in vivo [134, 135]. A dedicated investigation
into the effect of removing smooth muscle cell contribution (for example by means
described in [136]) in controlled peeling conditions would help to clarify their role.
Previous studies performed peel tests within a saline bath, whilst in this study
testing was conducted at room temperature and in open air. Peel tests took around
90 s, and specimens were exposed to air for around 4 minutes on average. Utilising
a saline bath at 37◦C may yield results with more physiological relevance, however
since all tests were performed under the same conditions the comparisons made here
are still valid.
The loading rate applied to the samples is greater than that applied in previous
studies. Tong et al. investigated the effect of peeling rate on the tissue response
[57]. They found approximately 30% difference in F between samples tested at 1
mm/min and 1 mm/s, a significantly smaller difference than between the findings
here and results from other studies presented in table 3.4. This suggests speed alone
does not account for the discrepancy, and variation between samples, as described in
the opening of the Discussion, may play a greater role.
Mechanical tests (of any kind) do not allow changes in the arterial wall micro-
structure to be observed directly, even if some overall changes may be inferred from
their results. Example images acquired with multiphoton microscopy, and in the
axial-circumferential plane, were presented here, to enable qualitative assessment of
structural changes. But, more detailed and systematic visual analysis using these
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modalities [137], or perhaps histology [48] or electron microscopy [131] would enable
microstructural changes to be assessed conclusively, and may present a link between
elastin/collagen radial fibre bridging and gross mechanical properties.
To ensure complete removal of the adventitia an incision was made midway
through the arterial through-thickness. This involved removing more tissue than was
likely necessary and removal of the adventitia could not be certain. This may have
effected the variation in mechanical properties between samples as more adventitia
may be remaining on some samples than others where it was completely removed.
Imaging techniques such as histology would aid in verifying whether this technique
did indeed fully remove the adventitia and should be utilised in future studies [94].
Finally, in this work the samples were tested as flat rectangular pieces, while in
vivo, the vessel is tubular and held in a pre-stressed state that is partially released by
cutting the vessel open to lay it flat. The effect of this difference on the dissection
propagation and on measured values such as the F and Gc are unknown, as previous
work, either peel testing or liquid infusion testing, also involved flat samples. An
investigation into the dissection behaviour of the artery wall in its in vivo configuration
would help to clarify the effect of flattening the tissue in this way.
3.5 Conclusions
Applying collagenase solution to porcine thoracic aorta made the tissue less resistant
to peeling in both axial and circumferential directions. However, anisotropy in the
critical energy release rate was increased compared to control samples. Elastase
treatment had a negligible effect on the tissue response to controlled peel testing.
From these it may be inferred that collagen plays a more important role in resisting
this loading mechanism. Glutaraldehyde treatment increased resistance to peeling
in both directions, but more so in the circumferential direction. Anisotropy in
the response was correspondingly reduced. Thus, cross-linking accompanying this
treatment appears to impart greater strength in the circumferential direction.
Of the treatments considered, the effects of collagenase most closely resembled
those of aneurysm formation. This is despite elastin loss being more commonly
associated with this condition. Regardless of the possible difference in underlying
mechanisms, collagenase treatment appears to be a viable means of altering the
peeling response of aortic tissues to emulate the effects of this disease. Combined
with those of chapter 2, these findings suggest that all of the described treatments
are useful in creating physical models of diseased tissue.
Finally, the direct effects of genetic diseases, such as Ehlers-Danlos and Marfan’s
syndrome, on arterial wall constituent proteins are relatively simple to understand
and emulate. However in an individual with such diseases, compensatory processes
in the body will alter the mechanical response of the wall beyond the effect of simple
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enzyme digestion, thus requiring insight into the change in arterial wall structure
by these processes. Additionally, for more complex diseases such as aneurysms,
simple enzymatic digestion provides only an approximation of the various chemical,
physical and cellular processes taking place within the arterial wall. However, the
treatments described here appear to approximate the changes in dissection properties
reported to accompany Ehlers-Danlos and Marfan’s syndrome and provide similarities
in behaviour for more complex processes such as aneurysms. Furthermore, more
accurate emulation of dissection properties may also be produced using a combination
of any or all of these treatments.
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Chapter 4
Towards a modelling framework
for catheter-induced dissection:
viability of cohesive zone finite
element approaches
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4.1 Introduction
Catheterisation is a common procedure in treatments for a variety of cardiovascular
diseases. As it is a minimally invasive procedure, it puts less strain on the patient
and is far less costly than other treatment methods (i.e. if viable, stenting a diseased
coronary artery is preferable to a coronary artery bypass graft and opening of
the chest). However complications do occur and can have severe consequences for
the patient. One of the most poorly understood complications is catheter-induced
dissection (CID), where a catheter initiates and propagates a tear between the blood
vessel layers. Consequences of this complication depend on severity and location,
however the mortality rate, as identified in chapter 1, is relatively high. A potential
approach to modelling such dissection processes is investigated in this chapter as a
step toward development of numerical tools for simulating the complex catheter-tissue
interactions involved. Such tools may in turn be valuable in virtual design processes
for new devices, aimed at mitigating catheter-induced trauma. It is then hoped the
effects of enzyme treatment on dissection behaviour on CID could be evaluated by a
similar means as chapter 3. CID alone is considered in this chapter as peel tests are
a relatively simple scenario from which changes in dissection behaviour from enzyme
digestion can be easily evaluated. Catheter tests have considerably more complexity
and so assessing the effects of enzyme treatment is far more difficult when other
factors associated with the contact induced failure are also involved. In addition,
this is the first work to investigate catheter induced dissection and identify many of
the mechanisms involved in this process.
Arterial dissection has been well investigated both by ex vivo testing in a labor-
atory, and simulations with the FE method. The first ex vivo arterial wall dissection
was performed via liquid infusion into the artery media [47, 49, 56]. This was aimed at
replicating blood flow-driven propagation of the dissection. Later, controlled peeling
of the media was employed to gain further understanding of the force displacement
behaviour, and in particular the latter’s anisotropy [46, 48]. This methodology was
then utilised on diseased arteries and aneurysms to assess disease-associated changes
[57, 58].
CZ approaches have been used in various forms to model dissection of arterial
layers during peel testing [59, 60], similar to those presented in chapter 3. However,
dissection driven by an external body, i.e. a catheter, is fundamentally different from
a peeling configuration, as detailed in figure 4.1. In the case of peeling, tissue at
the crack front experiences almost pure tension perpendicular to the direction of
crack propagation, and newly exposed fracture surfaces are free. Conversely, when
dissection is driven by an external body, tissue at the crack front experiences a
complex combination of tension, as it is forced around the penetrating object, and
compression, from the direct loading of the object. Moreover, the newly formed
surfaces, rather than being free, are subject to a complex interaction with the external
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object.
Comparable configurations exist during, for example, needle insertion and cutting.
Among other approaches, CZ models have been used by various authors to simulate
the tissue rupture processes in such scenarios, also. Needle insertion of muscle tissue
has been investigated with parameters extracted from separate experimental data [61],
however no direct experimental validation was presented in turn. This was partially
addressed by Forsell and Gasser when modelling cardiac tissue penetration and failure
as a result of perforation by a pacemaker wire [62]. However, it was not clear how
the governing critical energy release rate Gc was calculated from the experimental
data, making it difficult to assess the fidelity of their FE model with respect to the
latter. Oldfield et al. utilised an experimental-computational approach to estimate
Gc during needle insertion into a gelatine soft tissue phantom [63]. This approach
yielded good agreement between experimental and computational force-displacement
profiles at four different insertion rates and was more comprehensive than the previous
studies mentioned. However, gelatine is a homogeneous isotropic material that does
not exhibit the stochastic breaking of fibres/fibrils seen in perforation and damage
of most soft tissues [64], and so it is still unclear how well the CZ formalism carries
over to real soft tissues in this context. Lastly, Herna´ndez and Pen˜a studied deep
perforation of the vena cava during filter insertion [138]. They performed perforation
experiments into ovine vena cava that was held in biaxial tension and then simulated
this with FE and CZ elements. Then by trial and error curve fitting obtained the
CZ parameters, and found good association between the experimental and numerical
fracture behaviour. However, perforation was performed through the tissue rather
than to split tissue layers as here and it would be expected that there would be
differences between the fracture behaviour. Additionally, while vena cava has some
similarity to arterial tissue the mechanical and fracture behaviour will differ. A final,
and important aspect that was superficially assessed, at best, in the foregoing studies
is the fidelity with which the complex catheter-tissue interactions, especially near
the crack tip, can be captured with CZ finite element formulations. As mentioned,
this phenomenon is one of the key features that differentiate dissection by means of
a penetrating external body, from simpler peeling configurations.
Though no previous authors appear to have studied penetration of arterial
tissue using cohesive rupture modelling approaches, much less CID specifically, the
success in modelling other soft tissues with these approaches in the foregoing studies
suggest this is a promising approach. Such models are therefore investigated for
this purpose in the present chapter, with an emphasis on clarifying the points of
ambiguity that were identified. Specifically, CZ formalism is employed to model the
dissection process as a catheter is forced between adjacent arterial tissue layers. An
experimental configuration is first described, and corresponding results are presented
and discussed. CZ theory is then described and applied within a FE model of the
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Figure 4.1: 2D schematic illustrating the differing mechanical environment at the
tissue dissection front for peeling (left) and catheter driven dissection (right). Left:
the direction the tissue is pulled is the same as the direction of tissue rupture due to
the simple loading conditions. Right: the direction of tissue rupture is approximately
perpendicular to the direction the tissue is pulled as the tissue deforms around the
catheter. This will likely result in differing fracture behaviour, partly resulting from
different fracture modes in each case.
experimental configuration. Poor association between experimental and numerical
force-displacement data is found to be associated with the CZ response and thus an
alternative formulation is presented. Finally, numerical issues related both to the
above interaction phenomena and to the constitutive description of the tissue are
reported and discussed.
4.2 Laboratory Testing
4.2.1 Methods
Experimental configuration
To understand the possible mechanism by which a catheter may propagate a dissection,
a scenario was postulated in which the dissection has been initiated (the means
by which were left for future investigations) and the catheter is positioned at the
dissection front. The endovascular surgeon operating the catheter feels resistance
to their attempts to guide the catheter to its destination as the catheter pushes
against the dissection front. Assuming it is a bend in the vessel, they apply force to
the catheter to propel it around this assumed bend. This inadvertently pushes the
catheter into the created dissection front, driving the catheter between the layers
of the media, and opening the dissection further. A corresponding experimental
configuration was then devised to explore this scenario. A specimen of porcine
aortic wall was partially dissected in a similar manner to specimens in the peel tests
(chapter 3). After moistening, the newly created tissue tongues were fixed to two
steel columns with super glue, as shown in figure 4.3. A catheter was positioned
directly above the dissection front in the centre of the tissue. The catheter was then
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displaced downwards into the specimen at 1 mm/s for 35 mm, while the reaction
force (using a 20 N load cell) and displacement were recorded. This speed was chosen
as a representative speed for a catheter in the above scenario as little information
is present in the literature. This also allows values from chapter 3 to be used for
CZ modelling as speeds are the same in both tests. The tissue was mounted such
that the catheter would progress in the vessel’s axial direction, corresponding to the
scenario conception. The catheter was produced at Philips Research Eindhoven. The
shaft was composed of PEBAX 5533 (blue in figure 4.3) and the tip of PEBAX 3533
(black in figure 4.3). The catheter geometry is shown in figure 4.2.
Figure 4.2: Schematic detailing catheter geometry (not to scale).
In case of errors or complications, the experiment was stopped, and data were
discarded. Examples of such complications include the tissue detaching from the steel
column or the catheter diverging from the axial direction. Results for six specimens
were successfully recorded in this way.
Specimen preparation
Due to ethical and practical considerations, porcine thoracic aorta was chosen for
the experimental model. As in chapters 2 and 3, samples were taken from the upper
thoracic aorta proximal to the heart to have sufficient thickness. However, arteries
further from the heart have different peeling properties to those closer, see table 3.4.
This variation between samples is likely present even with samples from relatively
similar locations along the arterial tree and may explain variation between samples
seen later. This was transported from the supplier (Hemolab BV in Eindhoven, the
Netherlands) in a cool environment to the laboratory. Excess connective and fatty
tissue was removed, and the aortic wall was cut open along the axial direction and
flattened out into a rectangular section. Each aorta was cut into several 40 mm long
by 20 mm wide pieces, with the longest length aligned in the axial direction.The
tissue was initially dissected by creating a small incision with a scalpel and then
manually peeling apart, creating the two tongues to be fixed to the metal columns.
Care was taken to ensure this initial dissection remained in the middle of the media,
to coincide with the proposed scenario; if it progressed too far towards the adventitia
or intima, the sample was discarded. The length of tissue to be dissected L was
maintained at approximately 10 mm. This was chosen to provide sufficient tissue
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to dissect, allowing the key stages of the process to develop (shown in figure 4.4).
This also ensured catheter displacement, before full separation of the tissue halves,
was not so large that the catheter reached the base of the apparatus. Additionally
tissue width of 20 mm was chosen to ensure that edge effects were not present. Each
sample was washed three times in saline solution and stored in saline solution in the
refrigerator until tested. All samples were tested within 24 hours of the slaughter of
the animal.
Figure 4.3: Experimental configuration for CID experiments. Left: image illustrating
the catheter used, tissue fixation and steel column arrangement. Right: schematic of
the experimental arrangement; tissue length L = 10 mm.
4.2.2 Results
The resulting force-displacement curves are shown in figure 4.4 along with their
average. The shape and magnitudes of the curves are highly sporadic due to the
stochastic dissection behaviour which has been noted previously in [46], and chapter
3. Despite the variation though, all curves follow approximately the same profile.
The key phases in this profile are identified in figure 4.5.
From displacement 0 to UD of the catheter, the tissue is deforming but no
dissection is occurring, so that the classic increasing stiffness characteristic of fibrous
tissues can be seen [139]. The measured reaction force FR is considered to be the
sum of contributions from friction FFric and the elastic resistance of the tissue FDef
(see figure 4.5). FFric will provide a significantly smaller contribution at this stage
due to the small contact area between catheter and tissue.
The rupture and dissection initiates at UD and finishes at UR, when the catheter
reaches the bottom of the tissue. Here the profiles of the raw data fluctuates due
to individual fibre cross-links stretching and breaking. This was also seen in the
plateau region of the controlled peel tests in chapter 3, however the magnitude of
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the fluctuations is far larger in the present test. During rupture FDef and FFric are
assumed to again contribute to FR. FDef additionally acts to rupture the tissue
ahead of the catheter tip.
Figure 4.4: Reaction force on catheter versus displacement. Raw experimental curves
(grey) are overlaid with the averaged curve (black)
Beyond UR, the catheter has penetrated the full length of the specimen, and
the shaft continues to move through the channel created during the dissection.
The resulting friction-only region is relatively flat. It may be expected that FR in
this region is constant, however the average data show a small increase in FR with
increasing Ucath. This could be due to an increase in the coefficient of friction between
the catheter and the tissue. This may reflect an increase in the friction coefficient,
due to either or both of a gradual degradation of lubrication and changing interface
conditions between catheter and tissue.
Figure 4.6 shows the arterial wall after perforation at three different points within
the tissue. It can be seen that the damage is localised to the catheter dissection
path throughout the experiment. This is likely because of the pointed shape of the
catheter and the idealised conditions present here. It may be that in vivo, where
the arterial wall is cylindrical, rather than flat, the path taken by the catheter and
the resulting dissection are broader. Additionally, the hole created by the catheter
could be made larger by the blood entering the hole and pushing the tissue halves
further apart. Figure 4.6 also shows the fibre bridging between the fibre sheets
during dissection, albeit in this case following manual peeling after the penetration
experiment. During the catheter dissection tests these fibre bridges will stretch. The
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corresponding accumulation of elastic energy and subsequent release as fibres break
is the likely source of the fluctuating profiles seen in figure 4.4.
Figure 4.5: Top: The average reaction force-displacement profile from penetration
experiments, annotated to indicate the three key stages of the penetration process.
Stage 1 (0 to UD): deformation of the tissue prior to penetration; stage 2 (UD to
UR): progressive rupture and penetration of the tissue; and stage 3 (UR and beyond):
complete through penetration of the specimen, so that only frictional forces, between
catheter shaft and tissue, are acting. The bottom row illustrates the relevant forces
acting in each of these stages. While UR can be clearly seen both physically and on
the experimental curve its meaning is clear. However, UD is difficult to observe and
was identified purely from the experimental curve. Therefore UD is purely illustrative
to aid in demonstrating the transition from deformation to rupture.
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Figure 4.6: Arterial wall after perforation by the catheter, at various depths. Left:
the dissection front of the initially peeled halves. The hole is indicated and is localised
to the catheter path. Middle: a sample manually peeled after the experiment to show
progression of the catheter-created hole. Damage by the catheter is still localised to
its path through the tissue. Black marks on the left of the tissue indicate the point
of initial manual dissection before the experiment. Fibre brides between the two
tongues have been identified. Right: a low-power microscope image of the hole at the
end of the tissue after the catheter has perforated through (after UR in figure 4.5).
The hole lies within the centre of the tissue and is again localised to the catheter
path.
4.3 Numerical modelling using cohesive zones
Motivated by its excellent performance in simulating arterial peeling configurations
[59, 60], and by the encouraging results of its application to other tissue puncture
scenarios [62, 63], CZ formalism formed the basis of the models developed here for
simulating the CID experimental configuration.
4.3.1 FE model
The CID process was simulated using the following finite element model created
in MSC MARC 2014 and shown in figure 4.7. The model consists of 31075 8-
node hybrid-formulation full-integration hexahedral elements and 21000 8-node CZ
elements. A non-linear implicit solver was used to solve the model. Symmetry
boundary conditions were applied to the nodes on the XY plane and XZ plane. XZ
plane symmetry on the CZ elements was enforced according to figure 4.8 and setting
Gc to half its true value, this was validated in prior experiments. A high density
mesh was used in the contact region to improve model stability; this was joined to
the low density mesh by tie restraints. The catheter was assumed to be rigid and
a geometric contact body was used to model it. Half symmetry was employed for
the catheter, rather than quarter symmetry in the rest of the model, to verify that
the bottom nodes of the CZ elements displaced correctly in the Y direction. Mesh
convergence analysis was conducted, for material properties that gave a converged
solution solution (see section 4.4.2, below), to ensure a mesh independent solution.
Both geometric and constitutive non-linearities were included.
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Figure 4.7: Model immediately prior to catheter insertion. The tissue is depicted
in grey, and the catheter in red. Boundary conditions were applied as indicated.
All other surfaces remained free. Exploiting symmetry, only 1/4 of the specimen
was modelled explicitly. Symmetry planes perpendicular to Y and Z axes are
correspondingly labelled.
Figure 4.8: 2D illustration of nodal configuration in cohesive zone elements to ensure
Y symmetry. Bottom nodes of cohesive zone are tied with the opposite top node
such that the X and Z displacement are the same, and the Y displacement is the
same but in the opposite direction.
4.3.2 Constitutive model
The GOH model from chapter 2 was again utilised here. However MARC 2014
deploys a modified compressible GOH formulation, which is based on a multiplicative
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split of the deformation gradient, according to
F = (J1/3I)F¯, (4.1)
where (J1/3I) is the volumetric (dilational) component and F¯ the isochoric (volume
preserving) component. The right Cauchy-Green deformation tensor
C = FTF = J2/3C¯, C¯ = F¯T F¯, (4.2)
can be similarly split. The GOH strain energy function following this split becomes
Ψ(C¯,Hi, J) = Ψ¯
m(C¯) +
∑
i=1,2
Ψ¯fi (C¯,Hi(ai, κ)) + Ψvol(J), (4.3)
where
Ψvol(J) =
9
2
K(J1/3 − 1)2, (4.4)
is the volumetric component, with bulk modulus K. Analogous to the incompressible
version the isochoric component of 4.3 is broken down into an isotropic neo-Hookean
contribution describing the elastin fibre response
Ψ¯m(C¯) =
µ
2
(I¯1 − 3), (4.5)
with I¯1 = trC¯ the isochoric first invariant and µ the shear modulus, and the
anisotropic terms Ψ¯fi (C¯,Hi(ai, κ)) describing the two families of collagen fibres:
Ψ¯fi (C¯,Hi) =
k1
2k2
[exp(k2E¯
2
i )− 1], i = 1, 2 (4.6)
with
E¯i = Hi : C¯− 1, Hi = κI + (1− 3κ)(ai ⊗ ai). (4.7)
The collagen fibre directions in the reference configuration are defined by unit vectors
a1 = [cos θ, sin θ, 0] and a2 = [− cos θ, sin θ, 0], where θ is the angle between the
circumferential direction of the artery and the fibre direction (previously shown in
figure 2.2). The degree of fibre dispersion is captured by a statistical parameter
κ ∈ [0, 1
3
], where κ = 0 denotes complete alignment of fibres, while κ = 1
3
implies full
dispersion, resulting in isotropy. Additionally, k1, is a stress-like parameter, k2, a
dimensionless parameter and the second order tensor Hi(ai, κ) is a general structural
tensor for fibre family i. Finally, C¯ is the isochoric right Cauchy-Green deformation
tensor and the scalar parameter E¯i characterises the isochoric strain in the direction
of the mean fibre orientation for the ith fibre family. Like for the incompressible
model, the (1− 3κ)(ai ⊗ ai) component of Hi is active only when C¯ : (ai ⊗ ai) > 1.
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4.3.3 Cohesive zone elements
Cohesive zone models are based on the idea of a process zone within the material,
ahead of the physical crack tip. Material fracture is regarded as a gradual process
in which formation of new crack surfaces takes place along an extended virtual
crack, and the separation of these surfaces is resisted by cohesive tractions [140].
The traction across the cohesive zone increases with increasing separation until a
maximum, after which it irreversibly decreases until it reaches zero. This behaviour
is governed by a suitable traction-separation law, as depicted in figure 4.9. The
aortic media consists of highly organised repeating lamellae held together by bridging
collagen fibres that show a gradual decrease of cohesive force after exceeding a
load limit [59]. This behaviour aligns well with the CZ concept and consequently
dissection has often been simulated using this method [59, 60, 141, 142]. In this work
the cohesive zone formulation in MARC 2014 was utilised. Here an effective traction
t and effective opening displacement δ are related by
t =
δGc
δ2c
e−δ/δc , (4.8)
where δc is a critical opening displacement, and Gc is the critical energy release
rate. Evaluating (4.8) at the critical opening point δc yields a corresponding critical
traction tc for the material:
tc =
Gc
δc exp(1)
. (4.9)
Figure 4.9: Traction t versus separation δ plots for an exponential CZ law [3]. The
traction t increases until the critical separation (opening) δc. After this t decreases
for increasing δ and the cohesive zone is irreversibly damaging. Correspondingly,
once δ exceeds δc, unloading follows a new path that is different from the initial
loading path (dot-dash line).
If there is no mixed-mode behaviour, as assumed here, then δ can be defined
as δ =
√
δ2n + δ
2
t + δ
2
s where δn is the normal displacement and δs and δt are the
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tangential displacements, all expressed with respect to the local element system.
Similarly, tn, ts and tt can be found from t as
ti = t
∂δ
∂δi
i = n, t, s. (4.10)
Constitutive parameters k1, k2, µ, and κ assumed the optimised values for control
specimens derived in chapter 2 (table 2.4a). Nominal CZ model values were taken to
be Gc = 183.3 J/m
2 (taken from chapter 3) and δc = 0.129 mm [59]. The latter has
also been previously used in FE CZ approaches to modelling arterial dissection [59].
Gc and δc were used to describe the CZ element behaviour as these are the inputs for
the formulation in MARC 2015. CZ parameters were not acquired directly from the
experiment due to the complexity of the loading and the tissue deformation being
obscured. Furthermore, the chosen parameters should be validated, for example,
by calculating tc and comparing with an experimentally measured value or a value
from the literature. However, as mentioned the complex loading prevents this from
being calculated from the experiment and as shown later in chapter 5 CZ values
are highly dependent on loading applied and thus literature values can not be used.
Thus, this is a limitation in the CZ modelling which is partially addressed in chapter
5 by simplifying the geometry driving the dissection. The friction coefficient γ was
initially assumed to be 0. The sensitivities of the model prediction to variations in
values of key parameters (specifically, k1, which dominates the elastic response, Gc,
which governs the rupture behaviour, and γ, which influences the contact behaviour)
were additionally explored.
4.3.4 Results
Figure 4.10 depicts the progressive penetration of the tissue sample by the catheter
over the course of the simulation. Figure 4.11, in turn, shows the experimental FR
versus Ucath data plotted with model predictions for each combination of parameter
values. These combination of values were selected to demonstrate the effect of these
key parameters. However, many material parameters resulted in the model not
converging. This combined with lengthy model solution times, hindered further
investigation of material parameters and is a primary justification for reducing model
complexity in chapter 5. The effects of these parameter values are reviewed.
Initial parameter values. Using initial parameter values, it can be seen clearly that
the maximum predicted FR is approximately eight times lower than the experimental
value. Through-penetration also occurs after a displacement of approximately half
that of the experimental value. Moreover, the predicted curve shows a much flatter
profile than does the experimental one. The latter feature, in particular, is likely
attributable to the absence of friction, meaning the progressive rupture phase is
dominated by the rupture parameters. The drop in reaction force to zero following
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Figure 4.10: Simulation results for initial parameter values at various stages. CZ
elements are not rendered, to improve clarity.
through-penetration suggests similarly.
Non-zero friction. A friction coefficient of 0.1 (γ = 0.1) was used as a representat-
ive value by assuming approximately twice the value found in [143]. This was used as
it was difficult to estimate γ from the experimental curve. This is because while the
frictional force can be easily found from the “friction only” region, the compressive
force on the catheter is unknown. FE may be used for this purpose however it is
highly likely that the compressive force is dependent on the CZ parameters and the
constitutive model parameters. These must be determined from the experimental
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Figure 4.11: Experimental force-displacement data plotted with numerical model
results for various combinations of model parameters. Initial parameter values were
taken to be k1 = 143 kPa, Gc = 183.3 J/m
2, γ = 0. Subsequently, model sensitivity
to each was explored in turn by: 1) setting γ = 0.1; 2) doubling Gc; and 3) halving
k1.
curve requiring optimisation procedures with high computational cost due to the
slow solution time of the model. Finally, if γ is too large then model stability is
effected and convergence is difficult to achieve. This is likely because of the higher
frictional forces leading to greater residual forces and element distortion.
A non-zero friction indeed produces an increasing reaction force during the rupture
phase which is qualitatively similar in profile to the experimental result. A non-zero
reaction force following through-penetration is also observed, as expected. The
overall force magnitudes, however, remain well below the experimental values. The
end displacement, similarly, remains over low. The “friction only” region (following
through-penetration) of the experimental curve, however, suggests that frictional
effects do not in any case dominate the overall response, contributing around 0.5-0.6
N to the overall peak of approximately 2.2 N. Other mechanisms, and corresponding
parameters, must therefore account for a large portion of the difference between the
experimental and numerical curves.
Doubling Gc. During the rupture phase, the maximum reaction force is necessarily
governed by the force required to rupture the tissue, and correspondingly by the
critical energy release rate Gc. Thus, doubling Gc effectively doubles the predicted
reaction force, as shown. However, like with γ if Gc is too large then the model
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becomes unstable and does not converge. For instance, utilising parameters from
chapter 5 does not give model convergence. This is likely because a higher Gc
requires greater force to open the CZ elements and greater residual forces and
element distortion.
Halving k1. The material stiffness appears to have only a small effect on the
overall response, as illustrated by the halving of k1. The peak reaction force is
virtually unchanged. Only the maximum displacement is extended slightly. The
effect of k1 on model convergence is not as clear as with γ and Gc and must be
carefully selected to ensure model stability.
Recapitulation. The salient features of the foregoing are that 1) tissue stiffness
influences reaction force very little; 2) friction leads to increasing reaction force during
rupture, and non-zero reaction force following through-penetration; and 3) critical
energy release rate governs the overall force magnitude. It could be speculated,
therefore, that optimising the latter two parameters, in particular, might lead to
good agreement between experiment and model. However, pursuing this approach in
practice quickly leads to parameter values that are difficult to accept from a physical
point of view and difficulties with model stability, quickly leading to convergence
problems. The friction coefficient employed above, for example, was already over
twice the value reported for artery wall on steel [143], and apparently still well below
the requisite value. Similarly, the maximum Gc value employed was double that
obtained in independent tests on very similar tissue (chapter 3), but still produced a
reaction force well below the experimental magnitude. The physical fidelity of an
underlying formulation which apparently requires such inflated parameter values must
correspondingly be questioned. In the next section, therefore, a more sophisticated
CZ formulation was employed in an attempt to achieve good association between
numerical and experimental data while obtaining model convergence.
4.4 Numerical modelling using a large opening
displacement CZ formulation
4.4.1 Formulation
As described in section 4.3.3, a key element of the CZ formulation is computation
of the opening displacements δ and corresponding tractions t, and their respective
normal and tangential components. These are achieved by defining a local reference
system for each CZ element, which is generally either the mid-line of the element, or
its top or bottom edge, and computing opening displacement components accordingly.
This approach is used in MARC, ABAQUS, and most other commercial FE packages.
When crack opening displacements are small, as is the case in brittle fracture of stiff
materials, the choice of coordinate system is immaterial. However, Van den Bosch et
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al. [144] showed that for large opening displacements, as encountered in rupture of
highly deformable materials, as here, such formulations do not produce consistent
or unique displacement and traction magnitudes, leading in turn to substantial
errors in the calculation of energy dissipation in the system. The same deficiency
also leads to errors in the evaluation of integrals of tractions over the element
domains when displacements are large. Thus, while the formulations of underlying
bulk elements are indeed robust under large deformations, being founded on valid,
geometrically nonlinear continuum theories, standard CZ FE formulations may be
deficient for large opening displacements. Correspondingly, it was speculated that
the behaviour of the initial model described above was attributable to this cause,
and the large-displacement CZ formulation presented by Van den Bosch et al. was
explored instead.
Identifying the use of local bases as the cause of the difficulties, Van den Bosch
et al. [144] developed a formulation in which opening and traction vectors are
instead resolved globally. Correspondingly, no distinction is made between normal
and tangential directions with respect to the element. Defining traction t = te and
separation δ = δe vectors, where e is a unit vector along the line between associated
opposing points of the interface, magnitudes t and δ are then evaluated according to
4.8, as before. Tractions are formulated as first Piola-Kirchhoff tractions, allowing,
for example, CZ initial lengths to be used unambiguously in integral evaluations. A
MARC user subroutine implementation of this formulation, developed by Marco Van
den Bosch and previously used, for example, in analysis of delamination in flexible
electronic circuits [144], was deployed within the CID model, and the analysis was
repeated. Additionally, as stated later in section 5.3.2, convergence was achieved
with this formulation in the simplified wedge scenario and not for the small strain
formulation lending further justification for this approach.
An alternative approach that captures behaviour of intermittent fibres is to utilise
multiscale methods where the CZ model is split into micro and macro descriptions.
At the macro-scale the interface (with predefined geometry) is modelled with cohesive
zone elements of which the traction–separation response is obtained from the under-
lying micromechanical model. However, this adds a further level of computational
complexity and may also have the same problems as traditional CZ formulations,
identified in chapter 5, when contact drives the crack propagation.
4.4.2 Numerical performance
Using the large displacement formulation, a simulation of the complete penetration
process could not be achieved: convergence failed after a penetration of approx.
1 mm - attributable to various numerical difficulties, such as mesh distortion, as
described below. Nonetheless, the model revealed a number of more fundamental
issues with this approach to penetration modelling, associated with constitutive
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behaviour and the fidelity of the contact interaction within the rupture zone. These
are explored below.
Constitutive behaviour. Figure 4.12 shows the model at the last converged time
step. A patch of elements in the vicinity of the catheter tip exhibit expansion that
does not match the expected behaviour for this loading. This behaviour can also
be seen with the small displacement CZ formulation in figure 4.10, however, as the
element distortion is relatively small in that case, the expansion is minimal and
does not impact model convergence. While the GOH strain energy potential has
been employed extensively in artery models, and behaves well in most physiological
conditions, the phenomenon just described has in fact been identified previously as a
deficiency of the model under certain conditions [70]. Specifically, when fibre angle
with respect to the loading direction θ ∈ [30◦, 60◦], as here, the rotation of the fibres
with loading leads to unphysical expansion of the element perpendicular to the fibre
plane.
That this is indeed the origin of the effect observed here is demonstrated by
switching to a simpler neo-Hookean formulation (corresponding, in fact, to the Ψm
component of 4.3), which leads to the result in figure 4.12 (bottom). The non-physical
element expansion no longer appears. While the constitutive response of the model
tissue in this case clearly will differ from that of the real tissue, it enables the overall
model convergence to be explored further.
Element distortion in regions of contact. Switching to a neo-Hookean constitutive
model, and using a physiologically reasonable value for the shear modulus µ = 0.4
MPa [145, 146, 147], still does not lead to convergence across the entire penetra-
tion process. In addition, varying µ by an order of magnitude does not yield an
improvement in model convergence. The major cause of this appears to be excessive
element distortion adjacent to the catheter tip, as highlighted in figure 4.13. This
distortion is partly a consequence of the relatively complex geometry of the catheter
tip and the rupture surface with which it interacts, and of the resulting contact area
between the two. Additionally, it is practically difficult to verify that the interaction
between the contact body and continuum elements indeed reflects the experimental
conditions, since the catheter tip is concealed within the tissue.
Catheter penetration of CZ elements. Finally, and arguably most pressingly,
the catheter appears to interact with the CZ elements in a non-physical manner.
Specifically, since the CZ element leading edges do not themselves support contact
(contact is rather handled by a layer of elements on the surface of the bulk tissue
elements), the catheter is able to penetrate the CZ elements when they are only
partially damaged - i.e. prior to their physical dissection (rupture). As the catheter
progresses, these penetrated elements are indeed further opened, so that eventually
they can achieve their rupture displacement. But, the transient behaviour nonetheless
is non-physical. This can be further visualised with the aid of figure 4.14, which
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Figure 4.12: Results for GOH constitutive model with fitted parameters from chapter
2 (top) compared to those of an isotropic constitutive model (bottom). A large
expansion of elements (circled) can be seen above the catheter contact body tip
resulting in a profile that does not align with the expected response to the loading
applied.
depicts the damage levels sustained by a series of CZ elements in a peeling model,
and in which only the first, CZ0, has fully ruptured. In the CID model, if the
catheter diameter is sufficiently small, nothing prevents it from penetrating some of
the partially damaged elements CZ1-CZ5.
At least two consequences of this behaviour can be immediately deduced. Firstly,
the geometry of the rupturing tissue at the “crack” tip, immediately ahead of the
contacting catheter tip, is likely quite different from that of the real tissue. Given
the importance of this geometry from the point of view of the catheter-tissue contact
behaviour, and as regards in turn the crack tip mechanical environment and the
rupture behaviour itself, the effect needs to be better understood.
Secondly, the traction-separation behaviour of the elements (figure 4.14) is directly
linked to the work associated with the rupture process: the area beneath the
traction-separation curve equals the energy dissipated during damage and subsequent
rupture, and the parameters of the curve are tuned in turn to match experimental
measurements of the tissues’ critical energy release rate. Thus, if the catheter
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Figure 4.13: Element distortion at contact with catheter, contact body and CZ
elements have been removed from image for clarity. Elements are highly distorted
possibly leading to poor model convergence.
diameter, which determines the extent of the CZ opening, is smaller than some
threshold value (i.e. if the elements actually never rupture), the elements will
“expend” less energy than they should, and the reaction force on the catheter may be
correspondingly lower. As noted by Oldfield et al. [63], this effect may in principle
be minimised by choosing a very small critical opening displacement δc (for a given
Gc). However, this also leads to even more severe numerical instability, and therefore
appears practicable only up to a point. A clearer understanding of the effect of δc
on both convergence behaviour and energy dissipation when simulating soft tissue
penetration with CZ models is therefore required.
4.5 Conclusions
Two key points emerge from the analysis in the previous section:
1. Element distortion resulting from the complex interaction between the tissue
and catheter contributes to difficulties in achieving convergence across the
complete dissection simulation. The fidelity of the interaction is also doubtful,
for several reasons. Verifying this interaction with respect to the experimental
conditions involves obvious practical difficulties using the present configuration.
2. The penetration of the CZ elements by the catheter is clearly non-physical, yet
appears unavoidable with the current CZ element formulation: the penetration
may be minimised, but never eliminated. Further investigation is needed to
understand the nature of this limitation and whether it is indeed acceptable.
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Figure 4.14: Schematic of cohesive zone damage with increasing separation. CZ0
- CZ5 are cohesive zone elements with decreasing separation and damage. Left.
Simplified mesh of a controlled peeling scenario with separation increasing from
burgundy CZ5 element to white CZ0 element. Right. Associated traction-separation
law with status of each CZ element labelled.
To further explore these points, therefore, in the following chapter a simplified
dissection configuration is conceived, which removes much of the geometric complexity
of the system, while retaining the key feature of tissue rupture driven by a relatively
stiff external body. The catheter is replaced by a planar wedge with a rounded
leading edge, which affords both a greatly simplified model geometry (in fact, a 2D
plane strain approximation is possible), and more direct assessment of the contact
conditions. Additionally, this simplification results in a far lower solution time for the
FE model allowing the effect of various model properties (such as material parameters
and mesh densities) on model convergence to be investigated more thoroughly. Elastic
material parameters could also be fit to the experimental data in a relatively short
amount of time unlike with the current 3D model where the optimisation procedure
would take over a month to complete. The outcome of this is that with further
time the results and observations from the proceeding chapter would be utilised to
improve convergence in this work. Finally, future work will investigate whether an
explicit solver will give a converged solution. This is because compared to an implicit
solver, an explicit solver handles non-linearities such as contact with relative ease
and may alleviate the convergence issues. Herna´ndez and Pen˜a utilised an explicit
solver to successfully model deep perforation of the vena cava using CZ elements
[138]. The similarities between this work and that by Herna´ndez and Pen˜a lends
confidence that explicit methods may yield a converged solution for this problem.
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Chapter 5
Simulation of arterial dissection by
a planar penetrating external body
using cohesive zone modelling
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5.1 Introduction
Percutaneous coronary intervention (PCI) is a common treatment for atheroscletoric
coronary arteries that has showed increasing prevalence in the UK over the last 20
years [148]. In this procedure, a guide wire is fed to the region of interest, followed
by a catheter which travels along it. During this part of the procedure both the
catheter and guide wire can make contact with and damage the blood vessel wall
to varying extents. The most benign scenario involves simple rubbing against the
endothelial layer, the complications of which can include platelet aggregation and
thrombus formation. An example of more catastrophic damage is dissection: the
separation of blood vessel layers.
In the previous chapter, some complexities associated with simulating catheter-
induced dissection of arterial tissues were elucidated. Promising experimental results
were obtained however, numerical analysis proved difficult. Some common difficulties
associated with soft tissue models (viz. large element distortions and nonlinear
constitutive responses) played a role in hindering a converged solution. But, the
interaction between tissues and catheter in the vicinity of the cohesive zone, and
in particular the apparently unphysical penetration of “intact” (i.e. not actually
ruptured) CZ elements by the rigid contact body, was identified as perhaps the
major source of numerical instability. This in turn raised doubt about the fidelity
of the geometry of the ruptured tissues themselves in the vicinity of the “crack
tip” with respect to the real experiment, which is difficult to resolve with the
existing experimental configuration. The complexity of the catheter tip geometry
further exacerbates this issue. Compared with other successfully simulated dissection
scenarios, such as simulations of peel test experiments, the salient feature, and
confounding factor, in the present case is the presence of an external body (catheter)
driving the dissection. To further explore the viability of CZ elements in such
scenarios, therefore, it was proposed, first, to study a mechanically simpler dissection
problem that nonetheless retains the key feature of interaction between rupturing
tissues and a relatively stiff external body. To this end, in this chapter, dissection
of aortic tissues by means of a planar, rigid wedge, with a rounded leading edge, is
investigated. The simpler geometry of the contacting bodies in this configuration
means the fidelity of the model with respect to experimental conditions may be
ensured with more confidence. The scenario may also be formulated as a plane
strain problem, further simplifying analysis. The performance of the CZ approach to
rupture modelling was studied in this context.
A series of wedge-induced dissection experiments was first conducted (section
5.2) to obtain data with which to validate subsequent models. A FE model of
the experimental configuration, employing a CZ description of the rupture process
was then developed (section 5.3). Next, a novel parameter estimation procedure
was formulated, based on simplified FE models of the various experiment phases
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(section 5.4). Finally, the CZ model predictions were compared with experimental
observations (section 5.5). The remainder of the chapter is organised under these
headings, and concludes with a discussion of the viability and limitations of CZ
formulations in such scenarios.
Figure 5.1: Aluminium wedge used to drive dissection, the rounded edge can be seen
in the left of the image.
5.2 Wedge dissection tests
5.2.1 Experimental configuration
Ex vivo dissection of samples of porcine aorta by means of a rigid wedge was conducted
using the apparatus illustrated in figure 5.2. Partially dissected tissue samples were
clamped between the two towers, as shown, and an aluminium wedge was driven
between them, forcing their dissection. The wedge can be seen in figure 5.1. The
dimensions were: length: 95 mm length, width: 40 mm, thickness: 2.5 mm. The
thickness was chosen to approximate the diameter of an endovascular catheter. The
front edge of the wedge that propagates the dissection was rounded.
5.2.2 Specimen preparation
Tissue samples were tested no more than 24 hours after the slaughter of the animal
and were stored in a refrigerator in the interim. As in previous chapters samples
were taken from the upper thoracic aorta proximal to the heart to have sufficient
thickness. However, arteries further from the heart have different peeling properties
to those closer, see table 3.4. This variation between samples is likely present
even with samples from relatively similar locations along the arterial tree and may
explain variation between samples seen later. The tissue was prepared by removing
excess connective tissue and cutting axially such that the vessel wall opened into
a rectangular section. This was cut into 40 mm by 20 mm specimens and washed
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three times in saline solution. Each sample was partially dissected by creating a
small incision with a scalpel and then manually pulling apart the newly created
tongues, allowing enough free tissue on either side of the tear to be held by the
testing apparatus (figure 5.2). The un-dissected sample length (distance between
tear opening and end of the sample) was approximately 10 mm. This was chosen
to provide sufficient tissue to dissect, allowing a plateau region to develop in the
force-displacement curve, while ensuring wedge displacement, before full separation
of the tissue halves, was not so large that the wedge reached the base of the holding
apparatus. All samples were partially dissected immediately prior to the test and
were again placed in saline solution to moisten before being placed in the holding
apparatus. During dissection, the tear was kept in the middle of the media. The
tissue was initially dissected and mounted such that the wedge would progress in
the vessel axial direction. Reaction forces on the wedge were measured using a 20 N
load cell as the wedge was displaced at 1 mm/s, and until the tissue was completely
dissected. If there was an error the run was stopped and the data were discarded.
Examples of errors include the tissue slipping from the clamp or the tissue tearing
irregularly. Results for 11 specimens were recorded in this way.
Figure 5.2: Top. Apparatus for holding tissue in place. Clamps hold the tissue
tongues and the tissue to be dissected lies in the gap between the two towers. Sand
paper was used to prevent slippage. Bottom. 2D schematic of wedge dissection test
before loading is applied (left) and during the test (right). The set-up extends out
from the page. L is the initial tissue length (10 mm).
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5.2.3 Results
The resulting force displacement plot is presented in figure 5.3. All curves initially
(up to displacement UI) show the classic increasing stiffness characteristic of fibrous
tissues [139], and which results from unfolding and subsequent stretching of collagen
and elastin fibres. This is followed by a levelling off, as fracture begins (displacement
UI to UT ), and then a sporadic plateau region as fracture continues (displacement UT
to UP ). Finally there is a drop, either sudden or gradual, depending on the extent
of fibre bridging, as the wedge fully separates the tissue halves. These features are
identified in figure 5.3.
Raw experimental curves were averaged, as shown in figure 5.3, and the latter
values were used in subsequent analyses.
Figure 5.3: Experimentally measured reaction force/width versus wedge displacement
for the 11 specimens tested. Raw experimental curves (grey) are overlaid with
averaged curve (black). Also detailed on the average plot are the four identified
stages in the wedge propagated dissection process: initial stretching (0 to UI), before
tissue begins to split; transition (UI to UT ), where damage is initiating, identified by
a decrease in the curve gradient; plateau region (UT to UP ), wherein tissue is splitting
and dissection is propagating; tissue splitting and dissection propagation; separation
(UP to end), characterised by a relatively sudden drop in reaction force, as the tissue
tongues separate completely. The suddenness of the latter phase depends on the
density and strength of the remaining bridging fibres between the tissue tongues.
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5.3 Computational modelling of wedge-induced dis-
section
The wedge-induced dissection process was simulated using a CZ-based FE model,
created within MSC MARC 2015. One half of the sample was modelled, reflecting
symmetry about the X-axis, as described previously in chapter 4 (figure 4.8). A
schematic of the model, associated dimensions, and boundary conditions is shown
in figure 5.4. The model consisted of 12030 4-node quadrilateral elements and
1920 4-node CZ elements and the solution was performed with a non-linear implicit
solver. As the wedge was assumed rigid, it was modelled by a geometric contact
body and plane strain conditions were enforced. Fine and coarse regions of the
mesh were connected by nodal ties. Mesh convergence analyses were conducted
for all simulations. The model was assumed frictionless because no behaviours
associated with high friction (e.g. stick slip and sudden jolts due to release of
tissue held by frictional forces) were observed during the dissection experiments
(section 5.2.1), when viewed under a low magnification stereo microscope. Finally, all
models assumed symmetry along the dissection path. However, while the dissection
propagated in the centre of the tissue, arterial dissection is a stochastic process that
will result in asymmetric tearing. This was partially rectified by using average data
such that it is hypothesised that the mean dissection path will be in the centre of
the tissue.
5.3.1 Elastic tissue modelling
Tissue elastic response was modelled using an Ogden strain energy potential Ψ
[3, 149]. Trial fits suggested that a two-term formulation was adequate to achieve
good agreement with experimental results:
Ψ =
2∑
p=1
µp
αp
(λ¯
αp
1 + λ¯
αp
2 + λ¯
αp
3 − 3) +
9
2
K(J1/3 − 1)2, (5.1)
where µp are shear moduli and αp are dimensionless constants such that the initial
shear modulus µ = 1
2
2∑
p=1
µpαp. λ¯1, λ¯2, λ¯3 are the isochoric, volume preserving,
principal stretches, J is the Jacobian, and K is the bulk modulus. K was assigned a
value of 109 kPa, representing near incompressibility.
5.3.2 Cohesive zone formulation
This model uses the same cohesive zone formulation as in section 4.4.1. Both large
strain and small strain models were tested, however, for the parameters found in the
latter sections, convergence was achieved with the large strain formulation and not
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Figure 5.4: Top. Wedge dissection FE model with CZ elements immediately before
force displacement data were recorded. The tissue strip was initially horizontal. The
nodes indicated with a dotted line were first displaced into the position indicated, to
represent the conditions at the start of the test. CZ elements are of zero thickness and
their location is indicated by the dot-dash line. The wedge contact body displacement
direction is indicated and the contact body extends out to the right of the image.
Bottom. Initial model configuration, illustrating the fine and coarse meshes, which
were bonded by means of nodal ties.
for the native small strain formulation. Thus, briefly, a large strain formulation was
utilised where, unlike small strain formulations, the opening and traction vectors
are resolved globally rather than with respect to a local basis, thus no distinction
is made between normal and tangential directions. The traction vector t = te and
separation vector δ = δe, where e is a unit vector along the line between associated
opposing points of the interface, are related by
t =
δGc
δ2c
e−δ/δc , (5.2)
where δc is a critical opening displacement displacement, and Gc is the critical energy
release rate. Evaluating (5.2) at the critical opening point δc yields a corresponding
critical traction tc for the material:
tc =
Gc
δc exp(1)
. (5.3)
Gc can be acquired from the plateau region of the experimental force displacement
curve (UT to UP ). δc (or tc) can be found from either the transition region (UI to
UT ) or from local deformations [150]. The ramifications of the parameter selection
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in this study are discussed in section 5.5.
5.4 Model parameter estimation
5.4.1 Elastic tissue parameters
The elastic parameters (µp, αp) of the tissue are identified from the experimental
data by an inverse procedure. Figure 5.3 illustrates the main stages identified during
wedge-driven dissection. The MATLAB optimisation toolbox was utilised to fit the
constitutive response to data in relevant regions of the overall force-displacement
profile; specifically, the initial elastic deformation stage (up to displacement UI), and
the estimated point of separation (UP ). Two simplified FE models, corresponding to
the initial and separation portions of the tests were constructed to enable estimation
of corresponding reaction forces (figure 5.5). The latter point (UP ) was included
in the curve fitting as initial results showed that multiple parameter sets produced
equally strong fits to the initial stretching region (0 - UI). Therefore, including UP
restricted the candidate solutions and ensured model elastic behaviour had good
association with experimental data up to UP as well as in the initial stretching
region. However, it must be noted that both UI and UP have been selected through
inspection by observing the curve magnitude, gradient and surrounding behaviour of
the curve at a given point. Therefore, they may not represent the actual points of
transition and separation on the average data. In particular, the fibrous breaking
around UP renders it difficult to select a point at which the tissue tongues have
begun to separate. Additionally, all calculations are performed on average data and
thus the individual behaviour of the tissue in each test is not accounted for. As such,
the separation in the average data is a combination of all separation behaviour in
each test adding further difficulty in identifying UP .
Models for initial and separation stretch phases
In the initial stretching phase, the two clamped tissue tongues are stretched as a
result of the downward displacement of the wedge. The finite element models of
this are based upon schematics A and B in figure 5.5 and the mesh can be seen in
figure 5.6. The contact body is displaced in the -X direction to a value of UI . The
wedge-tissue interface is assumed frictionless.
At UP the wedge load is completely supported by the stretching of the two
clamped tissue tongues resulting from the downward displacement of the wedge.
Their un-stretched length is LP + (initial tongue length), where LP is the length of
tissue dissected by the wedge at UP . Therefore, their summed reaction forces should
equal the corresponding reaction force on the wedge measured in the experiments.
However, LP is not known and thus has to be approximated using upper and lower
87
5.4. MODEL PARAMETER ESTIMATION
values. The upper bound assumes that at UP the tissue has completely separated
and thus L1P = L. The lower bound assumes that the minimum amount of tissue has
been dissected at UP . This is calculated assuming a linear relationship between UP
and LP such that
L2P =
L(UP − UT )
Umax − UT , (5.4)
where Umax is the maximum value of displacement in the chosen data. For the average
data in figure 5.3 L2P =6.61 mm. The second FE model, simulating the experimental
configuration at this point, is shown in figure 5.5 (C and D) for LP = L
1
P = L and
the mesh can be seen in figure 5.6. The contact body is displaced in the -X direction
to a value of UP . Again, the contact was assumed frictionless.
Curve fitting
The constitutive parameters (µ1, α1, µ2, α2) were then fit to the average experimental
force-displacement curve. This process was formulated as the optimisation problem
x = arg min
x
{
w1||Fexp − Fcomp||2 + w2(F expsep − F compmax )
}
, (5.5)
where x is the vector of tissue model parameters and || • ||2 denotes 2-norm. Fexp
is a vector of experimental reaction forces on the wedge in the initial stretching
region (up to UI) and F
comp is a corresponding vector of model-computed reaction
forces (figure 5.5). F expsep is the mean experimental force just prior to separation
(displacement UP ) and F
comp
max is the maximum force within the “separation” FE
model (figure 5.5). Finally, w1 and w2 are weighting parameters, manually tuned to
achieve best fit to the initial elastic region whilst ensuring the force at separation
closely matches the experimental value. The fitting was performed by the least
squares non-linear optimiser within MATLAB. Upper and lower bounds were applied
to reduce optimisation time and to prevent implausible material parameters from
being selected. The optimisation procedure was performed over multiple, randomly
assigned, initial guesses and the best fit was selected. This prevents the optimum
solution being dependent on the starting parameters and increases the likelihood of
finding the global minimum within the search space [86]. The fittings were performed
for L1P and L
2
P separately yielding two sets of constitutive parameters.
The fitted curves, overlaid on the experimental data, are shown in figure 5.7 for
L1P and L
2
P . A good fit to each initial region can be seen and the peak of each Welastic
area plot is close to the force/width at separation in the average experimental data.
The optimised constitutive parameters for L1P and L
2
P are presented in table 5.1.
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Figure 5.5: Schematics of the wedge dissection test in the initial stretching phase
and at the end of the plateau region, identified in figure identified in figure 5.3 (for
LP = L
1
P = L). Symmetry boundary conditions were imposed along the dot-dash
line, the wedge contact body displacement direction is indicated and the contact body
extends out to the right of the image. A: the model immediately prior to contact
initiating. As for the complete dissection model (figure 5.3), the initially straight
tissue strip is first displaced into the configuration shown, to represent conditions
at the start of the test. B: the model at the end of the simulation, after displacing
the wedge by UI . C: the model immediately prior to contact initiating, and after
displacing the indicated nodes (dotted line) into the starting test configuration. D:
the model at the end of the simulation, after displacing the wedge by UP .
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Figure 5.6: FE Meshes of the wedge dissection test in the initial stretching phase
(top) and at the end of the plateau region (bottom), identified in figure identified in
figure 5.3 (for LP = L
1
P = L).
Table 5.1: Dissection energy (Gc), critical opening displacement δc and fitted 2-term
Ogden strain energy function parameters calculated for L1P and L
2
P . Dissection
energies are compared to the mean ± standard deviation from chapter 3.
Wedge driven dissection Chapter 3
1 2
Gc (J/m
2) 737.5 803.2 183.3 ± 64.2
δc (mm) 0.417 0.417 -
µ1 (kPa) 0.12 6.19 -
α1 (mm) 8.60 2.60 -
µ2 (kPa) 13.69 21.27 -
α2 (mm) 5.41 4.04 -
5.4.2 Critical energy release rate
To compute the critical energy release rate Gc associated with dissection of the tissue,
the expression from [46, 48], developed for analysis of peel test data, was adapted to
give
Gc =
∆U
∆a
=
(Wext −Welastic)
LP
, (5.6)
where ∆U is the energy expended per unit width and ∆a the crack length, at an
arbitrary point during the fracture process. Evaluating at UP in the experimental
procedure gives ∆U = Wext −Welastic and ∆a = LP . Wext is the external work per
unit width done on the system, Welastic = 1/2
∫
Ω
P : F dΩ (where Ω is the model
domain, P the first Piola-Kirchhoff stress tensor and F the deformation gradient
tensor) is the work expended by stretching the tissue up to the point of complete
separation of the tissue layers (per unit width). Wext is equated with the area
beneath the force displacement curve up to the displacement UP . Welastic is more
complicated to compute, given the nonlinearity of the tissue mechanical response
and the non-homogeneity of the deformation. In this study, it was estimated using
finite element analysis.
Welastic is assumed as the total strain energy in the “separation” FE models.
However, as LP has a lower and upper value, Welastic also has two different values
depending on LP in the geometry of the “separation” FE models (W
1
elastic and
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W 2elastic). Thus, Gc also has values for L
1
P and L
2
P
Gic =
(Wext −W ielastic)
LiP
i = 1, 2, (5.7)
as represented in figure 5.7. The corresponding dissection energy values are given
in table 5.1 alongside values from chapter 3 for peel testing of the same tissue type
type, and with similar specimen geometries.
Figure 5.7: Reaction forces and estimated energies for L1P and L
2
P , identified by the re-
spective numbering. The solid black curve shows the average measured wedge reaction
force/width versus displacement; the grey dashed curve shows the model-predicted
response during the initial stretching phase, using optimised Ogden constitutive
parameters; the hashed area corresponds to the elastic energy Welastic stored in the
stretched tissue just prior to separation; finally, the grey shaded area corresponds to
Wext. UI , UT , UP and UE are again identified for clarity.
Comparing G1c and G
2
c , it can be seen that G
2
c > G
1
c . This is because while
W 2elastic is far greater than W
1
elastic (W
1
elastic = 2.35 J/m and W
2
elastic = 4.41 J/m), L
2
P
is far smaller than L1P and L has a greater influence on Gc.
When comparing G1c and G
2
c to the dissection energy values found for the control
values in chapter 3, G1c and G
2
c are both approximately four times higher. One reason
for this difference is that frictional energy dissipation was assumed negligible in the
wedge tests, whereas its contribution to Wext cannot be zero in practice. However, it
is speculated this contribution alone cannot fully account for the greater Gc in the
wedge configuration, given the absence of obvious friction-associated behaviour in
the experiments, as mentioned. Additionally in chapter 3, Welastic was calculated by
assuming a linear constitutive response (based on the presentation in [46]), while here
the material behaviour was captured using a more realistic hyperelastic constitutive
model. Thus, Welastic is unlikely to be the same for each method. Thus it is suggested,
however, that the dominant reason for the discrepancy is the difference in the loading
91
5.5. DISSECTION MODEL RESULTS AND DISCUSSION
patterns experienced by the rupturing tissues in each configuration. As mentioned,
in peel tests, rupture is predominantly mode 1, while in the present wedge-driven
scenario mixed model separation occurs from the complex interaction between wedge
and tissue. The corresponding Gc values can thus be expected to differ significantly.
5.5 Dissection model results and discussion
The deformed CZ-based model configuration partway through the analysis is shown
in figure 5.9. The behaviour reflects the experimental observations where the tissue is
stretched away from the wedge once it has separated from the other half. Additionally,
figure 5.8 shows a close-up of the crack tip demonstrating the non-uniform mixed-
mode fracture behaviour.
Figure 5.8: FE model from figure 5.9 zoomed in at crack tip with and without mesh.
Left. The 4 stages of the crack progression are identified. The first region there is a
more traditional crack opening. In the second region this is lost as the tissue begins
to deform around the contact body. Next, the tissue contorts around the contact
body (region 3) and finally separates from the contact body (region 4). Right. The
visible mesh of the model to demonstrate the deformation. Individual elements close
to the wedge are too fine to be seen. For similar regions the mesh is clearer if the
CZ elements are not shown.
The experimental results are compared with the results of the numerical model
for the calculated value of G1c and G
2
c (table 5.1) in figure 5.10. It can be seen
that there is a good agreement between the experimental and numerical data. This
lends confidence to the proposed approach for finding Gc and in the possibility of
extending the approach to other types of damage by an external body, such as needle
penetration or cutting with a sharper object such as a scalpel. Additionally, the result
was verified by calculating G1c , according to 5.7, from the associated CZ model result.
There was good association between the calculated numerical and experimental Wext,
W 1elastic, and G
1
c , lending further confidence to the proposed approach.
However, care must be taken when selecting δc for problems in which a contact
body acts on the cohesive zone elements. For this study δc = 2.5/6 mm (where
2.5 mm is the wedge thickness), this is because at δ = 6δc the cohesive zone has
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Figure 5.9: FE model midway through the analysis. The middle black area is the
region occupied by CZ elements, which have been separated by the action of the
wedge.
Figure 5.10: Force displacement plot of the average experimental data with force
displacement response of the cohesive zone model for G1c and G
2
c in table 5.1
93
5.5. DISSECTION MODEL RESULTS AND DISCUSSION
Figure 5.11: Illustration of the effect of δc on the force/width vs displacement
behaviour of the cohesive zone models for G1c . Top: force/width vs displacement
for δc = 2.5/6 mm, δc = 2.5/8 mm and δc = 2.5/2 mm alongside the average
experimental data. Bottom: finite element cohesive model with δc = 2.5/2 mm.
The cohesive zone elements (dark grey) hug around the contact body due to the
remaining traction.
damaged to the extent that t can be considered effectively zero. In figure 5.11 it
can be seen that δc = 2.5/8 mm has little effect on the force displacement response.
However, if the contact body thickness is less than 6δc then the estimated plateau
force would decrease despite the fact that Gc is unchanged (figure 5.11). The reason
is that in this scenario, the wedge contact body is able to penetrate cohesive zone
elements without opening them to their full damage level (i.e. without completely
separating the two tissue halves). The resulting model configuration is shown in
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figure 5.11. The energy associated with this penetration is correspondingly less than
would be expected for a given value of Gc, and the estimated reaction force during
fracture is lower. A possible solution is to modify the approach of Pagani et al [151].
Therein, directional cohesive zone elements are deployed with an additional string
element between the corresponding crack surfaces, representing bridging fibres. A
node midway along this string element, at the contact point with the contact body,
ensures the contact body cannot penetrate the cohesive element unopposed.
5.6 Conclusions
The aim of this study was to assess the validity of CZ elements for modelling rupture
of soft tissues driven by stiff external bodies. This was motivated by the need to
model processes of catheter-induced dissection of the aortic wall, a previously little
studied complication of catheter cardiovascular intervention.
An experimental set-up was developed in which an aluminium wedge of 2.5 mm
thickness was displaced between an initially dissected aortic wall to dissect the
remaining tissue, while the force displacement response was recorded. The results of
this experiment showed qualitative similarities to results from controlled peel testing,
though with greater variability between samples and a less distinct plateau region
during dissection propagation.
Upper and lower values for the critical energy release rate (G1c and G
2
c) were
then calculated using a novel experimental-computational approach utilising the
FE method with the optimisation toolbox within MATLAB. Gc values so derived
were found to be 3-4 times greater than those obtained from peel test experiments
on similar test specimens in chapter 3. It can be speculated that this is mostly a
consequence of differences in material resistance to fracture (as quantified by Gc, in
this case) in the different fracture modes present in each test configuration.
Gc was used in a cohesive zone FE model of the experimental procedure. It was
found that the model-computed force displacement response corresponded well with
the experimental data, giving confidence in the use of CZ elements for modelling
cutting and perforation of soft tissues. However, care must be taken when selecting
the critical opening/traction (δc/tc) to ensure the energy of the CZ elements is
expended in a physically consistent way.
Finally, further understanding of the problems encountered in chapter 4 can be
achieved through extending the cohesive FE model from section 5.3 to a full three
dimensional model allowing closer comparison.
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6.1 Outcomes
This thesis has focussed on the implementation and evaluation of means for character-
ising blood vessel damage. This was pursued in the context of two specific objectives:
providing a means of creating a diseased tissue model from healthy porcine aorta;
and evaluating means for numerical modelling of catheter induced dissection. These
objectives were achieved through the use of finite element methods, and new and
existing mechanical testing methods. The corresponding outcomes are now listed
and evaluated with respect to existing work:
A means of altering arterial wall elastic and failure properties through
enzyme and chemical treatment assessed via uniaxial testing (chapter 2)
and controlled peel testing (chapter 3)
In this work enzyme and chemical treatments were used to alter the mechanical
response of healthy porcine aorta with the aim to emulate diseased tissue mechanical
properties. Previous studies had employed similar methods and utilised various
mechanical testing procedures to evaluate the associated changes. Uniaxial tensile
testing has been performed following elastase and collagenase treatment to investigate
whether collagen is solely responsible for the softening behaviour of arterial walls
[39]. They found that removing collagen removed the softening behaviour of tissue
whilst removing elastin resulted in continuous softening behaviour. Additionally,
[40] evaluated the uniaxial mechanical response of the elastin or collagen fibres in
isolation from one another by applying the same enzyme treatments to aortic wall.
They observed that completely removing collagen resulted in a linear mechanical
response that like before had no softening behaviour. While removal of all elastin
resulted in a non-linear anisotropic response that again showed continuous softening.
Biaxial testing has also been utilised to evaluate the changes in mechanical
response. Chow et al. investigated the changes in mechanical behaviour of arterial
wall following progressive elastase treatment [41]. Distinct mechanical responses were
identified for each level of tissue degradation with tissue initially becoming more
compliant but then stiffening until full elastin loss where tissue is far stiffer than
the controls. Gundiah et al. also performed biaxial testing but following elastase
and collagenase treatment at two different levels of degradation [42]. Collagenase
treated samples showed a decreased non-linearity compared to controls whereas
elastin treatment resulted in significantly stiffer tissue response.
Finally pressure-inflation testing had also been performed following enzyme
treatment. Kochova et al. applied collagenase and elastase treatments and found
that the former altered the stiffness of the arterial wall and while the latter altered
the wall geometry it did not effect the mechanical response [43]. In another study
elastase treatment resulted in the tissue being more ductile at low strains and stiffer
at high strains [44].
97
6.1. OUTCOMES
Compared to these works the key novelty in chapter 2 was testing samples to
the point of failure following enzyme treatment. Only one previous study had tested
tissue to failure and only after collagenase treatment [45]. They found that tissue
tensile strength was reduced following collagenase treatment, similar to this study.
However, no previous work has shown the apparent strengthening behaviour seen
following elastase treatment in chapter 2. The results of Chow et al. show similar
increases in extensibility but did not test beyond physiological stretches. Additionally,
in this work tissue cross-linking was also considered via glutaraldehyde treatment.
This produced no significant effect on the failure properties despite clear changes in
appearance and handling properties.
Controlled peel testing was performed to investigate the effect of the enzyme
and chemical treatments on the arterial dissection behaviour. While the dissection
behaviour had been investigated by both peel testing and liquid infusion tests
[46, 47, 48, 49], no work has investigated the effect of removing and cross-linking
constituent proteins on the dissection response. Comparing Gc between treated
and control tissue in chapter 3, it can be seen that applying collagenase solution to
porcine thoracic aorta made the tissue less resistant to peeling in both axial and
circumferential directions. However, anisotropy in the critical energy release rate
was increased compared to control samples. Elastase treatment had a negligible
effect on the tissue response to controlled peel testing. From these it may be
inferred that collagen plays a more important role in resisting this loading mechanism.
Glutaraldehyde treatment increased resistance to peeling in both directions, but more
so in the circumferential direction. Anisotropy in the response was correspondingly
reduced. Thus, cross-linking accompanying this treatment appears to impart greater
resistance to peeling in circumferential direction.
Therefore it can seen that these treatments alter the wall elastic and failure
properties. However the extent to which this occurs is influenced by not only the
loading type but loading direction also.
Further understanding of the contribution of constituent proteins to artery
wall response under loading both in the elastic and damage regimes
(chapters 2 and 3).
The arterial wall mechanical response is derived from the elastin and collagen
mechanical properties and the associated interplay between these protein fibre
bundles. It is generally accepted that in the two stage mechanical response seen
in many soft tissues, the initial compliance at low strain is a result of the elastin
stretching [10]. The collagen fibres are initially crimped and unfurl as the tissue
is stretched until the collagen fibres are straightened. The tissue stiffening at high
strains is then a result of the stiffer collagen fibres bearing the load. However the
nature of this interplay and how it is effected by disease is not yet clear.
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Ageing has been shown to cause a loss of medial elastin followed by an increase in
the stiffer collagen fibres, further stiffened by additional cross-linking, to compensate
[28, 29, 30, 31]. This results in the elastin-collagen interaction altering and the
stiffer collagen fibres being recruited at smaller deformations, leading to an observed
stiffening of the arterial wall. Whilst in aneurysm formation, the characteristic
ballooning is also widely attributed to loss of elastin and a resulting loss of stiffness
in the artery [32, 33]. In atherosclerosis, changes in elastin and collagen structure
again weaken the medial and intimal layers [34, 35, 36]. Genetic diseases such as
Marfan syndrome can also have large effects on collagen and elastin fibres leading
to greatly reduced stiffness and toughness in blood vessel walls [37]. These changes
are often complex and multifaceted. Correspondingly, alterations such as the loss of
elastin may increase or decrease stiffness depending on a variety of co-factors.
Collagen and elastin have been removed completely from the arterial wall in [40]
by enzyme treatment and it was found that completely removing collagen resulted
in a linear mechanical response that had no softening behaviour. While removal of
all elastin resulted in a non-linear anisotropic response that again showed continuous
softening. In addition, partial removal of elastin leads to elastomer-like behaviour in
[41] while full elastin removal showed increased stiffness compared to controls.
In this work the results from uniaxial tensile testing of elastase treated samples
appear to show that elastin removal initiates some form of compensatory mechanism
within the arterial wall such that it ruptures at higher strains despite the loading
profile being the same as control samples. How this is reflected in the collagen-elastin
interplay requires investigation. Additionally, the peel test results imply that collagen
radial bridges between lamellae play a more important role in preventing arterial
dissection. Collagenase treated samples had significantly lower Gc than controls
while elastase treatment samples showed no change. Finally, cross-linking from
glutaraldehyde treatment has a more significant effect on peeling response than
uniaxial tensile response. This implies that the cross-links formed in the axial and
circumferential directions were not significant to alter wall mechanical properties in
these directions. However, in the the inter-lamellae space where there are only small
fibre bridges present, these additional cross-links may play a more important role.
Insights into arterial wall dissection response. Specifically, for controlled
peeling of artery samples with constituent proteins removed (chapter 3)
or when an external body drives the dissection (presented in chapter 5).
Arterial dissection is most commonly investigated ex vivo by liquid infusion tests
such as those performed in [47] or controlled peel testing first performed in [46].
Controlled peel tests clearly represent a simplification of in vivo loading regimes,
and it could be argued that liquid infusion experiments more closely resemble blood
flow-driven dissection, at least. However, in the latter configuration, while the
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separation of vessel layers would remain predominantly mode 1, there is likely an
ambiguous mixture of rupture modes involved in any particular experiment. It is
correspondingly difficult to extract meaningful and repeatable measures of tissue
strength by this means. Peeling, by contrast, involves pure mode 1 rupture, and the
physical meaning of the derived energy release rate Gc is correspondingly clear. The
rupture process, being driven by displacements of opposing tissue flaps, is also easier
to control, further improving repeatability. Therefore, as a means of quantifying
resistance to dissection (i.e. separation of tissue layers), and of reliably assessing the
effect on this of the different treatments, peeling tests were adopted in this work.
Comparing Gc from chapter 3 with the previous studies, it can be seen that it
is on the whole far larger in this study. This is likely because testing in this study
was performed at room temperature in open air and at a far higher testing speed
than the previous peel tests. The latter in particular has been shown to increase Gc
by approximately 30%. As mentioned in a previous paragraph, collagenase treated
samples have a significantly lower calculated Gc than control samples while elastase
treated samples showed no significant differences. Controlled peel testing of aneurysm
tissue in [58] showed that aneurysm tissue dissected more easily than healthy tissue
which is most like that of the collagenase digested tissue reported here. However,
aneurysms are more strongly associated with elastin loss, which was found in chapter
3 to have negligible effect on controlled peel testing of arterial samples.
The calculated Gc in chapter 5 is approximately four times greater than in chapter
3. One reason for this difference is that frictional energy dissipation was assumed
negligible in the wedge tests, whereas its contribution to Wext cannot be zero in
practice. However, a previous study [143] has identified a friction coefficient of 0.046
between steel and artery wall, thus it is unlikely that this contribution alone cannot
fully account for the greater Gc in the wedge configuration. Moreover, the tissue
was well hydrated throughout the experiments and no obvious friction-associated
behaviours were observed. Additionally in chapter 3, Welastic was calculated by
assuming a linear constitutive response (based on the presentation in [46]), while here
the material behaviour was captured using a more realistic hyperelastic constitutive
model. Thus, the Welastic contribution is unlikely to be the same for each method.
However, it is likely that the dominant reason for the discrepancy is the difference
in the loading patterns experienced by the rupturing tissues in each configuration.
This follows from the consideration that the (highly heterogeneous) tissue’s overall
fracture behaviour will be governed by the microstructural arrangement and tissue’s
overall fracture behaviour will be governed by the microstructural arrangement
and behaviour of its constituents (collagen/elastin fibres, ground substance, etc.).
The latter may include both inherent constituent fracture energies and dissipative
processes active within the so-called process zone of the fracture. If these phenomena
were modelled explicitly ([152], in the context of metal-elastomer separation), different
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specimen loading regimes (as between peel tests and the current wedge configuration)
would naturally lead to different overall fracture behaviour, since the corresponding
constituent-level loads would similarly differ. In the adopted CZ approach, these
microscale processes are effectively ignored, considering the tissue macroscopically
and with fracture behaviour governed by a single fracture energy parameter Gc.
Gc, in other words, lumps the effects of the microscale processes. Correspondingly,
different loading configurations can be expected to manifest as different values for
Gc in such a formulation, as observed here.
Identification of possible mechanisms during the propagation of a CID, a
previously poorly understood complication, through a new experimental
method and finite element analysis. This can be seen in chapters 4 and
5.
Catheter induced dissections (CIDs) are a rare but commonly fatal complication
of intravascular catheterisation. Data on CID occurrence is sparse, however, major
complications such as coronary artery dissection that extends to the aortic root has
been reported to occur in 9 out of 43143 cardiac catheterisations (approximately
0.02%) [50]. However, this increased to 0.2% if patients were undergoing treatment
for myocardial infarction. Another study [51] found the same type of dissection in
15 of 12031 percutaneous coronary intervention (PCI) procedures (approximately
0.12%). Data for this type of dissection are most prevalent because of its high
mortality rate, however for coronary artery dissection alone, or CID of other arteries,
data are sparser. In addition, it is difficult to provide context for these figures in
terms of total complications, as CID are often included as part of other categories
such as vascular trauma [52]. However, in [53] the overall complication rate for PCI
was estimated at 2.7% for the period 2003-2006, from which it may be loosely inferred
that coronary CID extending to the aortic root occurs in 5% of PCI procedures.
Furthermore, the mortality rate is relatively high: 67% of deaths from coronary
catheterisation procedures reported in [54] were from CID of the coronary arteries,
while [55] reported that 25% of aortic CIDs that require surgical intervention lead to
death of the patient.
Unfortunately it is difficult to ascertain how CIDs are initiated or propagated. This
is because, commonly, catheterisation procedures are observed via three dimensional
rotational angiography, and the dissection can only be detected by its effect on
the blood flow. Thus, visualising the blood vessel wall and the damage to it is
very difficult. Furthermore, the spatial resolution of such imaging modalities is
relatively low, meaning it is difficult to identify the dissection until its effect on the
blood flow is pronounced. As a result there is little information in the literature on
mechanisms by which CIDs in arteries are initiated or propagated. Therefore, means
by which a CID is propagated can only be speculated. In chapter 4 a scenario was
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postulated in which the dissection has been initiated (the means by which were left
for future investigations) and the catheter is positioned at the dissection front. The
endovascular surgeon operating the catheter feels resistance to their attempts to
guide the catheter to its destination as the catheter pushes against the dissection
front. Assuming it is a bend in the vessel, they apply force to the catheter to propel
it around this assumed bend. This inadvertently pushes the catheter into the created
dissection front, driving the catheter between the layers of the media, and opening
the dissection further. A corresponding experimental configuration was then devised
to explore this scenario.
Arterial dissection by other mechanisms has been well investigated by both ex vivo
testing in a laboratory, and simulations with the finite element (FE) method. The
first ex vivo arterial wall dissection was performed via liquid infusion into the artery
media [47, 49, 56]. This was aimed at replicating blood flow-driven propagation of
the dissection. Later, controlled peeling of the media was employed to gain further
understanding of the force displacement behaviour, and in particular its anisotropy
[46, 48]. This methodology was then utilised on diseased arteries and aneurysms to
assess disease-associated changes [57, 58].
FE-based computational models of these controlled peeling experiments have been
proposed. In each case, a so-called cohesive zone (CZ) formulation has been used
to model evolution of the tissue rupture, which enabled the effect of collagen fibre
bridging during dissection to be emulated. Gasser et al. used a cohesive law within
the extended FE method to simulate the controlled peeling (dissection) experiments
of Sommer et al. [59, 46]. Later, an anisotropic cohesive law was applied by Ferrara
and Pandolfi that accounted for the anisotropic behaviour seen in Sommer et al.’s peel
tests [60]. However, no work has been performed to investigate arterial perforation
or dissection by an external body either experimentally or computationally.
Experimental results in chapter 4 showed three distinct stages: deformation of
the tissue prior to penetration; progressive rupture and penetration of the tissue; and
complete through penetration of the specimen, so that only frictional forces, between
catheter shaft and tissue, are acting. This is similar to the behaviour seen in [63]
for needle insertion in bovine gelatine except that in that study there is a build up
of force that is released once the gelatine is initially perforated. While in this work
there is a smooth transition when perforation begins. Additionally, frictional forces
contribute more to the total force in their study. However, like in [63] the damage
was localised to the catheter dissection path. Although this may have been because
of the pointed shape of the catheter and the idealised conditions that were present in
chapter 4. It may be that in vivo, where the arterial wall is cylindrical, rather than
flat, the path taken by the catheter and the resulting dissection are both broader.
Additionally, the hole created by the catheter could be made larger by the blood
entering the hole and pushing the tissue halves further apart.
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In chapter 5 the experimental results show four stages. Deformation of tissue
prior to damage; transition from elastic to damage regimes; a plateau region where
damage is continually occurring; and separation as the tissue halves are completely
separated. These identified features of the experimental curves are closer to that
seen for controlled peel testing (chapter 3) than in the catheter dissections in chapter
4. It can therefore be speculated that this approach bears closer resemblance to peel
testing than the catheter dissection tests. However, the profile of the plateau regions
is significantly more erratic than those obtained from controlled peel testing and
showed greater variation in magnitude between samples, like the catheter dissections
in chapter 4. This is a key difference between dissection during controlled peeling
and contact driven dissection. The individual fibre bridges may undergo different
fracture behaviour under different loading mechanisms. A possible mechanism by
which this may occur is that in controlled peeling the same amount of fibres break
per 1 mm2 of tissue dissected (assuming the same fibre bridge density across the
tissue) and a relative smooth force displacement profile is recorded. However when
an external body drives the dissection, the fibre bridges have to deform around this
body. This may lead to fibre bridges breaking less uniformly and a more jerky force
displacement profile.
An experimental-computational approach for calculating the fracture en-
ergy during perforation of soft tissues. This was proposed in chapter
5.
In chapter 5 dissection of arterial layers driven by an external body, i.e. a catheter,
was of interest. Comparable configurations exist during, for example, needle insertion
and cutting, and the CZ approach has been used by various authors to model these
processes. Needle insertion into muscle tissue has been investigated with parameters
extracted from experimental data [61], however, no validation against experimental
results was presented in turn. This was partially addressed by Forsell and Gasser
when modelling cardiac tissue penetration and failure as a result of perforation by
a pacemaker wire [62]. However, it was not clear how the governing critical energy
release rate (Gc) was calculated from the experimental data, making it difficult to
assess the fidelity of their FE model with respect to the latter. Finally, Oldfield et
al. utilised an experimental-computational approach to estimate Gc during needle
insertion into a gelatine soft tissue phantom [63]. This approach yielded good
agreement between experimental and computational force-displacement profiles at
four different insertion rates and was more comprehensive than the previous studies
mentioned. However, gelatine is a homogeneous isotropic material that does not
exhibit the stochastic breaking of fibres/fibrils seen in perforation and damage of
most soft tissues [64], and so it is still unclear how well the CZ formalism carries
over to real soft tissues in this context.
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The methods from [46] for calculating Gc for experimental data from controlled
peel testing were applied to experimental data of dissection driven by an external
body in chapter 5. Gc calculated from this approach had been previously applied in
a FE CZ model of arterial dissection and showed a good correspondence [59]. By
utilising FE models that emulated conditions at certain points of the experiment
and the MATLAB optimisation toolbox, Gc was estimated from the experimental
data. Furthermore, when placed in an FE model, it was found that the experimental
data lay within the model-computed force displacement responses, giving confidence
in the approach. Additionally, the result was verified by calculating Gc, from the
associated CZ model result. Good agreement between predicted and experimental
Wext, Welastic, and Gc values was again observed, lending further confidence to the
approach.
Limitations in the application of cohesive zone models when a contact
body drives the crack propagation. These were identified in chapter 5.
As mentioned previously, CZ models have been used to mimic both arterial dissection
and soft tissue perforation [59, 60, 62, 61]. However, in [63] it was identified that when
modelling needle penetration of gelatine with CZ elements, the needle penetrated
“intact” CZ elements leading to a physically intangible situation. They identified
that this penetration was particularly sensitive to δc, the CZ critical opening, and
that penetration by the probe can be minimised by reducing δc but at the expense
of numerical stability. In chapter 5, it was found that for the scenario investigated,
a value of δc = 2.5/6 mm (i.e. 1/6 of the 2.5 mm wedge thickness) was sufficient
to damage the CZ elements to the extent that t, the traction, was effectively zero.
Further reducing δc (while maintaining Gc) had little effect on the force-displacement
response, as demonstrated by the result of using δc = 2.5/8 mm. However, if δc was
enlarged such that the contact body thickness was < 6δc, the predicted plateau force
noticeably decreases, despite use of the same Gc value. The reason is that in this
scenario, the wedge contact body was able to penetrate CZ elements without opening
them to their full damage level (i.e. without completely separating the two tissue
halves). For the model in chapter 5, this resulted in the continuum elements hugging
around the contact body as a result of the relatively high remaining traction within
the CZ elements. The energy associated with this penetration was correspondingly
less than would be expected for a given value of Gc, and the estimated reaction force
during fracture was lower. Clearly, this penetration of ”un-ruptured” elements was
non-physical. A possible solution is to adopt the approach of Pagani et al [151].
Therein, directional CZ elements are deployed with an additional string element
between the corresponding crack surfaces, representing bridging fibres. A node
midway along this string element, at the contact point with the contact body, ensures
the contact body cannot penetrate the CZ element unopposed.
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6.2 Limitations and future work
Experimental and computational analyses are essential tools in the improvement of
endovascular device technologies. While computational approaches are being used
more frequently, experimental approaches are still necessary to define the problem,
validate the models, or to form part of combined approaches such as in chapter 5.
For all approaches, increased knowledge of arterial wall mechanics in elastic and
failure regimes is required to allow underlying mechanisms to be identified and to
more closely mimic in vivo conditions. This work has provided greater understanding
of arterial failure both computationally and experimentally, however further work is
required to translate these developments into impact on medical device design.
As mentioned in the Introduction, disease processes are complex and multifaceted,
and simple enzymatic digestion provides only an approximation of the various
chemical, physical and cellular processes taking place within the arterial wall during,
for example, aneurysm formation. Therein loss of elastin, and the accompanying
increase in wall compliance, stimulates cellular mechanotransduction and, in turn,
complex remodelling of collagen components [16]. Wall mechanics in atherosclerosis
are yet more complex due to the presence of the athersclerotic plaque which, despite
efforts to capture its mechanical properties, is exceedingly difficult to incorporate
into healthy arteries ex vivo with many studies opting to induce the process in vivo
[115, 116]. The physiological complexity of real disease processes notwithstanding,
the aim of the work in chapters 2 and 3 was to produce a physical model of diseased
arteries that effectively emulates the accompanying changes in their mechanical
properties only. However, as mentioned in section 2.4.3, judicious combination of any
or all of these treatments could in principle be used to effect the changes observed in
a particular disease.
Further physiological relevance could have been achieved in chapter 2 with biaxial
loading, which more closely reflects the in vivo loading conditions [110, 8, 111].
However, there are practical difficulties associated with using biaxial testing at high
loads present in this study [94], and doing so may yield poor estimates of stress
[112, 113]. Thus it is ill-suited to investigation of failure behaviour.
The GOH constitutive model was chosen due to its wide use for capturing arterial
wall mechanics. In chapter 2 only the media response (assumed to be dominant)
was investigated; the adventitia was removed and the intima thickness was small
enough to be considered negligible. Despite using this relatively thin layer of tissue,
a gradient of enzyme penetration must persist, meaning superficial regions will be
more digested than interior ones. A constitutive model that incorporates different
layers may accordingly enable the depth-dependence of mechanical properties that
must accompany this gradient to be captured.
Additionally, while the GOH formulation has been shown to model well the tissue
response in physiological strain ranges, the exponential fibre term may not be suitable
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outside this range, where it appears the collagen fibres transition from exponential
to more linear behaviour [114]. A modified strain energy function that emulates the
GOH response for moderate strains, but approaches linearity nearer to failure strains
may thus be more widely applicable. Finally the applicability of the GOH model
to arterial wall that has undergone enzymatic digestion has not been established;
enzyme treatment may drastically alter fibre properties such that the underlying
assumptions of the model may no longer be valid; and further investigation of this
matter is required.
In chapter 3 it was assumed that the effect of smooth muscle cell bridges, between
the lamellae, on the tissue response to controlled peeling was small, compared with
those of collagen and elastin. Nevertheless it has been shown that smooth muscle
cells do play a role in arterial dissection in vivo [134, 135]. A dedicated investigation
into the effect of removing smooth muscle cell contribution (for example by means
described in [136]) in controlled peeling conditions would help to clarify their role.
In chapters 2 and 3 to ensure complete removal of the adventitia an incision
was made midway through the arterial through-thickness. This involved removing
more tissue than was likely necessary and removal of the adventitia could not be
certain. This may have effected the variation in mechanical properties between
samples as more adventitia may be remaining on some samples than others where it
was completely removed. Imaging techniques such as histology would aid in verifying
whether this technique did indeed fully remove the adventitia and should be utilised
in future studies [94].
The loading rate in chapter 3 applied to the samples is greater than that applied
in previous studies. Tong et al. investigated the effect of peeling rate on the tissue
response [57]. They found approximately 30% difference in F between samples
tested at 1 mm/min and 1 mm/s, a significantly smaller difference than between
the findings here and results from other studies. This suggests speed alone does not
account for the discrepancy, and variation between samples may play a greater role.
Additionally, it is likely that different loading speeds will effect the gradient of the
elastic regions of the curves and the magnitude of the plateau region in chapter 5.
The numerical results should therefore be understood to represent the behaviour at
1 mm/s. However, there is no apparent reason to expect that such rate-sensitivity
would qualitatively change the results, only the involved magnitudes. Finally, the
loading speeds and environmental conditions (tissue hydration, for example) were
very similar to the experiments in chapters 3 and 5, and therefore there is confidence
in at least excluding viscous effects as the reason for the differences in Gc values.
In previous studies, mechanical testing of arterial walls have been performed within
a saline bath, whilst in these studies testing was conducted at room temperature
and in open air. For uniaxial tensile testing in chapter 2, it was explained that this
was to allow for accurate recording of sample stretch. But methods similar to those
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employed by Loree et al. with a saline drip at 37◦C may yield results with more
physiological relevance [109]. This approach could also be applied to controlled peel
testing (chapter 3) and the CID investigations (chapters 4 and 5). However, since all
tests were performed under the same conditions the internal comparisons made in
this work are still valid.
Mechanical tests, by themselves, do not allow changes in the arterial wall mi-
crostructure to be observed directly, even if some overall changes may be inferred
from their results. In chapter 3 example images were acquired with multiphoton
microscopy, and in the axial-circumferential plane, to enable qualitative assessment
of structural changes. But, more detailed and systematic visual analysis using these
modalities [137], or perhaps histology [48] or electron microscopy [131], would enable
microstructural changes to be assessed conclusively. This may elucidate the link
between elastin/collagen radial fibre bridging and gross mechanical properties for
the disease emulation work, and provide further information on the underlying
mechanisms in CID.
In chapters 3, 4 and 5, where dissection of the vessel wall was performed, the
samples were tested as flat rectangular pieces, while in vivo, the vessel is tubular and
held in a pre-stressed state that is partially released by cutting the vessel open to lay
it flat. The effect of this difference on the dissection propagation and on measured
values such as the F and Gc are unknown, as previous work, either peel testing
or liquid infusion testing, also involved flat samples. If dissection behaviour of the
artery wall could be investigated in its in vivo condition, the effect of flattening the
tissue could be clarified.
While the propagation of CIDs was investigated in chapters 4 and 5, the mechan-
isms by which it is initiated are still unknown. This may be a result of the guide-wire
initiating the dissection and the catheter following to exacerbate damage or contact
of the catheter tip with the vessel wall causing the wall to be cut away and detached.
Furthermore the controlled conditions in this work only partially reflect the complex-
ity present in vivo, and removes the effects of blood flow, disease-associated tissue
degradation, surrounding tissues, and the differing response of a tube compared to
flattened tissue.
Achieving convergence of finite element models with large deformations and
high residual forces, such as in chapter 4, is challenging. Refining the mesh further
to densities similar to 5 may improve convergence but at the cost of increasing
computational time. Remeshing algorithms could also be used to refine the mesh
where needed but again this requires more computations. An alternative approach
is to utilise explicit methods as, compared to implicit methods, explicit methods
handle non-linearities, such as contact, with relative ease. Additionally, smoothed
finite element methods may help to ameliorate such numerical difficulties as these
formulations allow for greater element distortion without convergence problems
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[153]. The extended finite element method may also be used to model dissection
propagation in place of cohesive zone elements. By enriching shape functions, strong
discontinuities can be modelled and traction separation laws can be used to govern
crack behaviour. This approach may reduce convergence issues and can also be
configured so that the dissection does not have to propagate along a predetermined
path. Alternatively, advances in cohesive zone elements like those proposed by Pagani
and Perego, would allow the perforation to be modelled with greater accuracy [151].
Therein, directional cohesive zone elements are deployed with an additional string
element between the corresponding crack surfaces, representing bridging fibres. A
node midway along this string element, at the contact point with the contact body,
ensures the contact body cannot penetrate the cohesive element unopposed.
Before utilising the model presented in chapter 4 in medical device design, model
convergence and close association between numerical and experimental data must be
achieved. Following this the robustness of the model must be investigated including
altering material and fracture properties, catheter geometries, and tissue geometry.
Finally, the proposed scenario can be extended to be more similar to in vivo conditions
providing greater confidence in the observations on catheter design drawn from the
model.
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